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This dissertation presents the application of MEMS-based approaches for the 
construction of engineered tissue substitutes. MEMS technology can offer the physical 
scale, resolution, and organization necessary for mimicking native tissue architecture. 
Micromachined nozzles and templates were explored for the fabrication of acellular, 
biomimetic collagenous fibrous scaffolds, microvascular tissue structures, and the 
combination of these structures with cell-based therapeutics. The influence of the 
microstructure of the tissue constructs on their macro-scale characteristics was 
investigated. 
Proteic components of the native fibrous connective tissues in human anatomy, 
collagen and elastin, were utilized for the fabrication of acellular fibrous tissue scaffolds. 
MEMS-based approaches offered control over the dimensions, geometries, and 
distribution of the fibers. Collagen fibers were first produced by a conventionally 
employed wet-spinning process, but utilizing micromachined nozzles. Two distinct 
fabrication strategies were developed for high-strength silicon and glass-metal 
micro/nanonozzles designed to sustain the high pressures (> 10 MPa) necessary to 
generate micro/nanofluidic viscous jet flows. This research was initiated with the 
characterization of the micromachined nozzles with test fluids, liquid butane and 
propane, for demonstrating the feasibility of pressure-driven nanofluidic jets. A 
micromachined nozzle-based wet-spinning apparatus for collagen fibers was developed. 
The nozzle dimensions and hydrodynamic focusing effects were investigated for 
modulating the fiber dimensions and geometries. A 10 µm inner diameter nozzle yielded 
xviii 
 
the smallest fiber with a dimension of 2 µm × 400 nm. Hydrodynamic focusing was 
applied by varying the flow rates of coaxial laminar flows of collagen and coagulant 
buffer solutions for exercising control over the dimensions of the resultant fibers, and 
also for producing in situ crimped fibers. This approach delivered fibers with a minimum 
dimension of 30 µm × 5 µm.  
For more precise control over the fiber network spatial layouts, a template-based 
approach was developed for the fabrication of collagen micro/nanofiber networks and 
collagen-elastin fiber reinforced composites (FRCs). Appropriate silicon templates 
allowed for the construction of hollow and solid fiber networks with straight fibers, in-
plane and out-of-plane crimped fibers, and porous fibers. Collagen FRCs were fabricated 
by embedding the fiber networks in an elastin matrix. Fiber network layouts and volume 
fractions were adjusted to introduce anisotropic elastic behavior in the composite 
materials. Increasing Young‟s moduli with fiber volume fraction for straight FRCs, and a 
strain-dependent stiffness for crimped FRCs, were demonstrated. 
Finally, MEMS strategies were adopted for the development of cellularized 
collagen and polydimethylsiloxane (PDMS) microvascular scaffolds. First, a 
microvascular insulin bioreactor device was constructed to house locally immobilized 
pancreatic islet cells with an ultimate goal of development of a bioartificial pancreas 
(BP). A glucose stimulation test and insulin secretion assay demonstrated that the 
bioreactor device responded to a stimulatory glucose concentration (300mg/dl) by 
secreting 8-fold more insulin as compared to basal glucose concentration (60mg/dl). 
Next, a deformable reentrant PDMS microvascular network was developed for improved 
xix 
 
endothelial cell seeding of high length-to-width aspect ratio microchannels. A feasibility 








The objective of this dissertation was to employ micromachining strategies and 
static microelectromechanical systems (MEMS) constructs, such as nozzles and 
templates, for the fabrication and engineering of synthetic tissue constructs. The two 
types of tissue constructs targeted were acellular biomimetic fibrous tissue scaffolds 
comprising of proteins, collagen and elastin; and microvascular networks optionally 
supporting cell-based therapeutics. Three specific aims were outlined. 
Specific aim 1: The first objective of this research was to develop and utilize 
micromachined micro/nanonozzles for the fabrication and dimensional control of 
collagenous fibers for tissue scaffolds. This work was divided into three phases: 1) the 
development of microfabrication strategies for high-pressure-withstanding 
micro/nanonozzles necessary for the generation of viscous micro/nanofluidic jets; 2) the 
empirical investigation of liquid micro/nanojets emanating from micromachined nozzles 
integrated with a high-pressure generation fluidic apparatus; and 3) the development of a 
micromachined-nozzle-based wet-spinning system for collagen micro/nanofibers. This 
study is discussed in Chapter 2. 
Specific aim 2: The second objective of this research was to develop a 
microtransfer-molding-based approach for the fabrication of spatially-designed collagen 
micro/nanofiber networks as well as collagen-fiber reinforced elastin composite tissue 
scaffolds based on these networks. It was postulated that by constructing fiber reinforced 
2 
 
composite (FRC) tissue scaffolds with a defined fiber orientation, distribution, and 
dimension, the mechanical behavior of the resultant material can be controlled. This 
study is discussed in Chapter 3. 
Specific aim 3: The third objective of this research involved the incorporation of 
cell-based therapeutics in micromachined vascular networks for mimicking specific 
tissue or organ functionalities. We endeavored to apply the established MEMS processing 
technology of micromolding for the fabrication of microvascular networks as well as islet 
cells and endothelial cells within these networks for imparting distinct therapeutic 
characteristics to the constructs. This study is discussed in Chapter 4. 
 
1.2 Background 
1.2.1 Tissue engineering 
The official U.S. government website for organ and tissue donation and 
transplantation [1] reports that as of July 2010, over 108,000 people are on the waiting 
list for transplant surgeries in the U.S. alone. While this number has continued to rise 
over the years, a severe shortage of donor organs and tissues has been a significant 
handicap for meeting these demands. Only 14,631 donors and 28,464 transplant surgeries 
were reported in the year 2009 (Figure 1.1). This has motivated a great deal of interest in 
tissue engineering. The term „tissue engineering‟ was first established by Y. C. Fung in 
1988 and later defined as “the application of principles of engineering and life sciences 
towards the development of biological substitutes to restore, maintain or improve tissue 
functions” [2]. Synthetic tissues and organs are being considered as attractive alternatives 
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for autologous (tissue obtained from the same patient) and allogenic (tissue obtained from 
the same species) transplants.  
The past few decades have seen the utilization of various methods and materials, 
both natural and synthetic, for the development of constructs emulating body tissue and 
organ functions. The human body is a complex system of cells and extracellular 
components, grouped into a large number of tissues and organs, and substituting these 
parts requires generating successful interactions between the living and the non-living 
components. Efforts have been directed towards the development of both cell-based 
constructs performing various biochemical functions and constituting the „living‟ 
component of the human anatomy, and polymeric scaffolds for supporting, nourishing, 
and facilitating cell growth and function, constituting the „non-living‟ component of the 
human anatomy.  
 
 
Figure 1.1. Information from the U.S. government official website for organ and tissue 
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1.2.1.1 Tissue scaffolds: mimicking the acellular component of the human anatomy  
Native fibrous connective tissue composition 
The extracellular component of connective tissues, such as tendons, ligaments, 
cartilage, blood vessels, and bones, is composed of proteic fibers. These extracellular 
components support and create an environment for the cells to function appropriately, as 
well as bear and transmit loads encountered by the tissues. These structural proteins 
primarily comprise collagen and elastin.  
 Collagen 
Collagen is the most abundant protein in the human anatomy contributing to more 
than 25 % of the total body protein content. It is responsible for providing strength, 
structure, and mechanical integrity to the tissues and organs. Fibrous collagenous tissues 
also act as strata for cellular interactions, proliferation, differentiation, and signal 
transduction, and provide cues for the development of cell phenotypes. The structures, 
dimensions, organization, and concentration of the collagen fibers in a tissue, therefore, 
influence the biomechanical characteristics of the tissue as well as the associated cell 
behavior.  
Amino acids (H2NCHRCOOH) are the building blocks of all proteins. Amino 
acids are organic compounds comprising a carbon atom bonded with an amine functional 
group (-NH2), a carboxylic acid functional group (-COOH), a hydrogen atom (-H), and a 
variable side chain (-R), and are distinguished according to their variable side chain. 
There are 20 different types of amino acids that compose subunits of proteins. Proteins 
are formed by linear chains of amino acids, the sequence of amino acids connected by 










Examples of amino acids Chemical formula 
Lysine (Lys) C6H14N2O2 
Histidine (His) C6H9N3O2 
Leucine (Leu)  C6H13NO2 










Figure 1.2. Primary structure of a protein. 
 
Over 20 types of fibrillar and non-fibrillar collagen have been identified and 
reported, distinguished based on the variations in the patterns of amino acids in their 
polymeric chains. Collagen type I, exhibiting a fibrillar structure, is the most abundant 












class of collagen and easy to isolate, hence used most commonly in medical research. 
Each collagen molecule is made up of a triple helical structure of linear chains of amino 
acids also known as polypeptide strands, and is 300 nm in length and 1.5 nm in diameter 
[4]. Each of these three chains has a repeating sequence of amino acids, Glycine (Gly), 
Proline (Pro), and Hydroxyproline (Hyp), typically in the pattern Gly-Pro-X or Gly-X-
Hyp, where X is any other amino acid. The tight arrangement of the peptide chains and 
the covalent crosslinks between the molecules impart strength and rigidity to collagen. 
Native collagen displays a hierarchical structure, with collagen molecules self-assembling 
into aggregates to form fibrils which further associate to form fibers, as shown in Figure 
1.3. The collagen fibril and fiber dimensions and arrangements depend on the tissue from 
which they originate. The fibril dimensions typically range from 10-500 nm, and can 
assemble into fibers with diameters of up to tens of microns. 
As the collagen molecules self-assemble, they are observed to be displaced from 
each other by 67 nm. Due to this displacement, the axially packed collagen molecules 
display overlap and gap regions (Figure 1.4). This displacement structure gives collagen 
fibrils a characteristic striated appearance. This property can be observed using electron 
microscopy (EM) [7] or atomic force microscopy (AFM) (Figure 1.5) [8]. Each striated 
subunit is known as a D-period, and this unique characteristic of native fibrillar collagen 
is called D-periodicity.  This D-periodicity imparts not only characteristic structural 




























Figure 1.5. Characteristic D-periodic banding observed in a native collagen fibril 
represented by an AFM image of a rat tail tendon. 
 
 Elastin 
Elastin is a spring-like elastic protein responsible for resilient deformation of many 
tissues. It plays a predominant role in distensible tissues such as the blood vessels, skin, 
and lung. It is also found in small percentages in other connective tissues such as tendons, 
ligaments, and cartilages. The precursor to elastin, known as tropoelastin, is mainly 
composed of the amino acids valine (Val), glycine (Gly), proline (Pro), and alanine (Ala) 
with repeating peptide units such as Gly-Val-Gly-Val-Pro, Gly-Val-Pro-Gly-Val, and 
Gly-Val-Gly-Val-Ala-Pro [10]. These amino acids are organized in an irregular „coiled‟ 
fashion and confer upon the protein its elastic properties [11].  
Synthetic tissue scaffolds 
The function of synthetic tissue scaffolds is to serve as three-dimensional 
architectural support for transplanted or host cells. They provide the cells with a 
biomimetic environment for facilitating their attachment, proliferation, and proper 
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functioning necessary for tissue regeneration. Various polymeric materials in the form of 
foams [12-15], hydrogels [16], and fibrous networks [17-18] have been investigated as 
synthetic tissue scaffolds. In particular, polymeric fibrous meshes have emerged as 
important constructs for tissue engineering as they display a high surface-to-volume ratio 
and possess good mechanical properties, and also most appropriately represent the 
structure and morphology of the extracellular matrix (ECM).   
 Materials used for synthetic tissue scaffolds 
The key metrics determining the quality and effectiveness of a synthetic tissue 
scaffold are its biocompatibility, bioresorbability, non-immunogenicity, and mechanical 
and structural properties. Given these considerations, a multitude of natural and synthetic 
polymeric micro/nanofibers have been explored as candidate materials. The most popular 
synthetic polymers examined for engineered tissue analogs include poly(glycolic acid) 
(PGA), poly(L-lactic) acid (PLLA), poly(caprolactone) PCL, and poly(ethylene glycol) 
PEG. Similarly, popular naturally derived polymers for this application include collagen, 
chitosan, alginate, silk, hyaluronic acid  (HA), and gelatin [19].  
Synthetic tissue constructs have been realized from both synthetic and natural 
polymers. In particular, collagen has proved to be a very attractive choice for synthetic 
tissue constructs and has a long history of application in medicine. Collagen, naturally 
existing as the primary structural component of mammalian tissues, possesses excellent 
biocompatibility, bioresorbability, and biomechanical properties as shown in several in 
vitro and in vivo studies [20-22]. Also, being the native tissue substrates for maintaining 
cellular functionalities, collagen tissues have demonstrated success in their interactions 
with different types of cells in vitro. The role of collagen structure in providing guidance 
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cues for the development of cell phenotype and maintaining cell functionalities has been 
a subject of study for many years. Regenerated collagen constructs have been shown to 
be compatible with various cells and supportive of adhesion and proliferation of cells 
including fibroblasts [23-25], endothelial cells [26-27], stem cells [28-29], chondocytes 
[30], and osteoblasts [31].  
 Methods used for the fabrication of fibrous tissue scaffolds 
Various top-down approaches have been investigated for the fabrication of 
polymeric micro/nanofibers for tissue engineered scaffolds, and the most commonly used 
methods include electrospinning and wet-spinning.  
Electrospinning is an approach for drawing very fine polymer fibers using an 
electrically charged jet of a polymer solution. A typical electrospinning setup consists of 
a needle connected to a high-voltage (10 to 50 kV) power supply, a syringe pump, and a 
grounded collector plate, as shown in Figure 1.6.  The syringe pump is used to extrude 
the polymer solution at a constant rate. When a voltage is applied to the needle, the 
flowing liquid is stretched into a Taylor cone. If the tension of the polymer is high 
enough, a charged liquid jet is formed. This charged jet is continuously deposited on the 
grounded electrode as micro/nanofibers. The charge on the jet leads to bending 
instability, causing the diameter of the polymer filament to be reduced to the 
micro/nanoscale [32]. The polymer solution properties such as surface tension, viscosity, 
conductivity, and dielectric constant of the solvent dictate the dimension and morphology 
of the spun fibers.  
Electrospun nanofibrous scaffolds have been extensively researched for tissue 
scaffold applications (Figure 1.7). Materials including PGA, PLLA, Polyethylene 
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terephthalate (PET), PCL, HA, collagen, and elastin have been investigated for the 
manufacture of vascular [33], cartilage [34], bone [35] and nerve [36] tissue scaffolds, 
with the produced fibers ranging from 50 nm to 2 µm in diameter. 
Extrusion-based fiber spinning is one of the oldest techniques for manufacturing 
polymer fibers, and is based on the natural silk-spinning method.  Silkworms produce silk 
fibers by forcing liquid silk through openings in their heads, known as spinnerets. The 
silk jets, on coming in contact with air, precipitate as silk fibers. Similarly, wet spinning, 
one of the forms of synthetic fiber-spinning, involves extrusion of a polymer solution 
through spinnerets/nozzles into a precipitating liquid (Figure 1.8). Filaments of the 
polymer solution driven through the nozzles come in contact with the coagulant solution 
and precipitate as fibers [37].  
 Substantial research has been directed towards wet-spinning of polymer microfibers 
for biological applications. Drug-loaded hollow microfibers of copolymers of poly(lactic 
acid) (PLA) and PCL (diameter > 100 μm) [38], and of PLLA (diameter 80-100 μm) [39] 
have been investigated using wet- and dry-spinning approaches. Wet-spinning of 
chitosan, followed by in situ chemical polymerization of aniline has been utilized for an 
electroactuating biopolymer hydrogel/polyaniline microfiber (diameter > 50 μm) for 
application in artificial muscles [40]. Wet-spun collagen fiber meshes have been applied 




















Figure 1.7. a) A bilayer electrospun fibrous mat for blood vessel tissue engineering, 













Figure 1.8. A fiber wet-spinning apparatus. 
 
 
Figure 1.9. A wet-spun PCL/chitosan fibrous scaffold [39]. 
 
 
Biomaterials used in the current research 
 Regenerated collagen type I  
Collagen, obtained as naturally derived material from murine, porcine, and bovine 
models and regenerated in vitro, is extensively used in tissue-engineering-based studies. 
Typically, collagen-rich tissues such as tendon and skin are used as the source for 












proteolytic enzymes such as pepsin. Collagen is perceived as a particularly suitable 
material for tissue engineering because after the extraction and processing, the resultant 
monomeric collagen material can be subjected to physiological conditions to trigger self-
assembly of the collagen molecules into a fibrillar material with the characteristic native 
tissue structure. 
Regenerated collagen type I, isolated from Sprague-Dawley rat tail tendons was 
utilized in this thesis. The extraction process is described in detail previously [45]. To 
initiate the extraction process, the tendons from rat tails (Pel-Freez Biologicals, Rogers, 
AK) were recovered and solubilized in 10 mM HCl (pH= 2) at room temperature. 
Centrifugation and filtration at 4°C were followed to separate the soluble collagen. 
Collagen was precipitated by addition of NaCl in 10 mM HCl and centrifugation. The 
collagen was finally re-solubilized in 10 mM HCl and dialyzed against 20 mM phosphase 
buffer solution. This resulted in a monomeric collagen type I solution in 10 mM HCl.   
Self-assembly of this monomeric collagen solution into fibrillar collagen could be 
activated by bringing the solution to physiological conditions of neutral pH (pH ~ 7) and 
37 °C temperature. Glutaraldehyde (0.5 wt% glutaric acid dialdehyde in 1× phosphate 
buffered saline (PBS)) was used as the crosslinking agent for the self-assembled collagen. 
 Elastin-mimetic protein polymer 
As described earlier, tropoelastin, the precursor for elastin, is primarily composed 
of amino acids valine (Val), glycine (Gly), proline (Pro), and alanine (Ala) with repeating 
peptide units such as Gly-Val-Gly-Val-Pro, Gly-Val-Pro-Gly-Val, and Gly-Val-Gly-Val-
Ala-Pro. Genetic engineering of bacteria, such as Escherichia coli (E. coli), has enabled 
scientists to synthesize elastin-mimetic protein polymers mimicking these pentapeptide 
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sequence units. Several biological, mechanical, and chemical characteristics can be 
introduced in these elastin-mimetic polymers by modifying the repeat sequence of the 
peptides. Elastin pentapeptide units are soluble in water at lower temperatures but 
collapse and aggregate at a distinct transition temperature determined by the peptide 
organization.  
Elastin-mimetic protein LysB10 obtained from E. coli culture was utilized in this 
thesis. The synthesis process for this material involved genetically engineered bacterial 
culture, protein expression, cell lysis, and purification, described in detail elsewhere [10]. 
This elastic protein exhibited a distinct property of temperature dependent solubility. It 
solubilized in water at low temperatures (4 °C) and underwent gelation at 37 °C 
1.2.1.2 Tissue constructs with cell-based therapeutics 
Cells, typically considered the smallest units of life, work in concert with the 
acellular components in the body to form functional systems. Therefore, cell-based 
therapeutics for tissue and organ regeneration or restoration constitute the second integral 
component of tissue engineering. This involves the use of independent isolated cells or 
the combination of tissue scaffolds with autologous, allogenic or xenogenic cells for 
tissue regeneration or emulation of specific tissue or organ functions.  
Cells of different origins are utilized depending on the intended application. For 
example, lung cells, stem cells, fibroblasts, and chondrocytes have been employed for the 
regeneration of tissues, such as the lung [46], bone [47], skin [48], and cartilage [49]. 
Organ-specific cells such as islet cells, hepatocytes, and para-thyroid cells encapsulated 
in biodelivery constructs have been applied for the development of bioartificial organs 
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mimicking the functions of the pancreas [50], liver [51], and thyroid [52-53], 
respectively.  
Bioartificial organs are cell-based tissue engineered constructs, comprising organ-
specific cells encapsulated in an implantable capsule or device. When implanted in the 
body they produce therapeutic products to restore or improve an organ function. 
Bioartificial organs have been investigated as potential remedies for diseases such as 
diabetes mellitus, hypoparathyroidism, and hepatic failure [55]. Cell-based bioartificial 
organs are categorized as extravascular or intravascular constructs. 
 Extravascular constructs (Figure 1.7) are installed outside the vascular system in 
sites such as the peritoneal cavity or subcutaneous tissue. The organ-specific cells are 
encapsulated in materials such as alginate [56], agarose [57], and PEG [58] to either form 
spherical microcapsules containing a single or a few cells, or fibrous or plate 
macrocapsules housing a large number of cells, as shown in Figure 1.10. The 
encapsulation materials protect the cells from being attacked by the body‟s immune 
system. The biggest disadvantage of these devices is their lack of contact with the blood 
stream, resulting in an inadequate supply of nutrient and oxygen and limited long term 
cell viability. Additionally, cell aggregation further aggravates the mass transport issues 
in plate and fibrous microcapsules, and these constructs tend to fracture under the 
physiological stress.  
Intravascular bioartificial organ constructs typically consist of a blood flow 
through a conduit or a bundle of hollow capillaries separated from a chamber containing 
the organ-specific cells by a semipermeable membrane. They are implanted surgically 
into the body as an arteriovenous shunt. An example of an intravascular bioartificial 
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pancreas is illustrated in Figure 1.11 [55]. These devices permit nutrients, oxygen, and 
stimulants (such as glucose) to diffuse through the semipermeable membrane to the cells, 
and metabolites and hormones (such as insulin) produced by the cells to diffuse into the 
blood flow. The semipermeable membrane mainly acts as a deterrent for immunocytes 
and antibodies in the blood, hence protecting the implanted cells from being attacked by 
the host‟s immune system. Although these devices have shown immense promise, they 
can suffer from cell aggregation, limiting mass transport of nutrients and oxygen to the 
cells. For a single flow of blood supplying nutrients to several layers of packed cells, the 
efficiency of the cells furthest from the flow suffers. Also, these devices tend to be 
bulkier than their microscale bioreactor counterparts. 
 
 
Figure 1.10. Representative extravascular cell-based bioartificial organs [54]. 
 
a)  Macroencapsulation 






Figure 1.11. A representative intravascular cell-based bioartificial organ [55]. 
 
Cell-based studies are often conducted with the aid of bioreactors. A bioreactor is 
a device that supports a biologically active environment and hosts a biological reaction, 
usually in the form of biochemical activities involving living organisms. Bioreactors are 
employed to create an in vitro cell culture to simulate the environment and stimuli that 
the cells may experience in vivo.  Of much relevance to the current study are 
microchannel bioreactors. Microchannel bioreactors comprise of miniaturized channels 
with cultured cells, sometimes contained in grooves or wells (Figure 1.12) [59] inside the 
microchannels, observed under a perfusion flow configuration. Various types of cells 
including fibroblasts, stem cells, and hepatocytes have been investigated in such an 
environment for the optimization and study of operational parameters such as flow rates 








1.2.2 Role of MEMS in tissue engineering 
The native tissue architectures defined by nature consist of submicron to micron 
scale structures arranged into an intricate, interconnected system. The microstructure of 
native tissues largely determine their macro-scale behavior. Tissue engineering often 
focuses on creating constructs with biomimetic structures harnessing nature‟s designs. 
MEMS processing technology offers the size scale and resolution necessary to mimic the 
native tissues and also the ability to create organized 2-dimensional (2D) and 3-
dimensional (3D) structures. This has led to its utilization in acellular and cellular tissue 
engineering applications and relevant studies. 
Micropatterning approaches have been utilized for controlling the spatial 
organization and surface topology of tissue scaffolds. Micromolding is the most 
extensively used microscale technology for manipulating tissue scaffold material. It has 
been utilized for fabricating microvascular networks [63], patterning nano-features on 
scaffolds for providing guidance for cellular alignment (Figure 1.13b) [64], and 
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microencapsulation of hepatocytes in patterned microwell alginate tissue scaffolds, 
(Figure 1.14a) [65] among many tissue engineering applications. While micromolding 
offers the most gentle processing approach for naturally derived materials, many 
synthetic scaffolds have been developed using MEMS patterning approaches, such as 
microsterolithography (Figure 1.13a) [66], optical lithography [67], laser micromachining 




Figure 1.13. MEMS for tissue scaffolds: a) a PEG scaffold fabricated using 
microstereolithography (scale bar = 200 µm) [66], and b) a cellularized collagen scaffold 
nanopatterned using templates fabricated by x-ray lithography (scale bar = 200 µm and 


















MEMS strategies have been applied to cell-based tissue constructs and relevant 
studies. MEMS-based microfluidic bioreactors and microtissue cultures have been 
developed for analyzing cell behavior in simulated physiological environments (Figure 
1.14b), as well as for testing artificial organ functionality in vitro using organ-specific 
cells [69-70]. Lithography [71], microcontact printing [72], and ink-jet printing [73] have 
been adopted for patterning proteins capable of promoting cellular adhesion for 
controlling cellular attachment and patterning. Ink-jet printing has also shown the 







Figure 1.14. MEMS for cell-based tissue engineering: a) an alginate tissue microarray 
with encapsulated hepatocytes (scale bar = 300 µm) [65], and b) hepatocytes cultured in a 





This dissertation was an effort to further explore the features offered by MEMS 
processing technology and demonstrate its potential towards the development of 
engineered tissue constructs. These constructs included acellular fibrous tissue scaffolds, 
and microvascular constructs with cellular incorporation. It was endeavored to establish 
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Collagen micro/nanofibers have emerged as important materials for tissue 
engineering, and their manufacture and manipulation has been a subject of extensive 
study. Native fibrous collagen is an integral structural component of various tissues. It 
also acts as a substrate for maintaining cellular activities, and the characteristic 67 nm D-
periodicity observed in the native collagen fibrils is believed to be associated with 
providing important guidance cues necessary for cellular motility [1]. Extracted collagen 
material is considered an attractive choice for implantable tissue structures as it can be 
processed to regenerate the unique D-periodic chemical structure of the native tissues in 
vitro. Also, the distribution and concentration of fibers of this material in a tissue can be 
adjusted to achieve a specific biomechanical property. Similar to other polymeric 
micro/nanoscale fibers, electrospinning and wet-spinning are the two conventional 
approaches adopted for the fabrication of collagen fibers. 
 Electrospinning is a popular choice for the production of synthetic and natural 
polymer fibers for extracellular matrix (ECM), since the resultant fibers are in the same 
range of dimensions as observed in the native tissues. Matthews et al. reported the first 
demonstration of collagen electrospinning in 2002 [2]. Collagen was dissolved in the 
solvent 1,1,1,3,3,3-hexafluoro-2-propanol (HFP) to produce electrospun fibers (100-730 
nm in diameter). This protocol was adopted by various groups for further investigation of 
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this approach for engineered tissue scaffolds [3-6].  Although some of these reports have 
documented the appearance of native D-periodic banding evidencing the presence of 
native morphology in electrospun collagen nanofibers, strongly conflicting reports have 
demonstrated the absence of the native striated morphology in fibers produced in this 
fashion, indicating the degradation of collagen [7]. The use of corrosive and toxic 
fluoroalcohols such as HFP as solvents has been identified as one of the main 
contributors to the degradation of the resultant collagen fibers. The fibers produced by 
electrospinning usually form a non-woven porous mesh of fibers. A partial alignment of 
fibers has been achieved using a rotating collection mandrel placed between the extrusion 




Figure 2.1. An electrospun collagen fiber mesh collected on a rotating mandrel to obtain 
aligned fibers (scale bar = 10 µm). [3]  
 
Wet-spinning is one of the oldest extrusion techniques for producing polymer 
fibers. It has been used on an industrial scale for the manufacture of commercial fibers 
such as acrylic, rayon, aramid, and modacrylic since the early 19
th
 century. Schimpf et al. 
were the first to present the wet-spinning of fibers from acid-soluble collagen in 1977 [8]. 
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An 890 µm die was used to extrude acid-soluble collagen into an alkaline coagulant 
solution, and crosslinked using glutaraldehyde. Several research groups have since 
employed a wet-spinning approach for the production of collagen-based fabric for use as 
prosthetic tissues. Different aspects of the fiber spinning process, such as operating 
conditions, fibril self assembly and alignment, crosslinking conditions, and mechanical 
manipulation for the enhancement of the biological and mechanical performance of the 
resultant tissues have been investigated [9-13].  This approach has demonstrated in vitro 
regeneration of the native collagen morphology [14]. Also, aligned fiber meshes have 
been constructed by manual arrangement of fibers or by using a motorized rotating fiber 
collection setup (Figure 2.2). Although substantial progress has been made in the 
production of collagen fibers using this approach, the obtained fiber diameters (25-200 
µm) are observed to be relatively large compared to the native tissue size scales. Also, the 
arrangement and packing densities of the fibers obtained in fashion are limited by the 




Figure 2.2. Wet-spun collagen fibers collected using a motorized collection setup (fiber 
spacing = 150-230 µm) [14]. 
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The first documentation on wet-spinning of collagen fibers using regenerated 
collagen reported by Schimpf et al. [8] suggested that the smallest attainable fiber 
dimension is restricted by the pressure-withstanding capability of the wet-spinning fluidic 
apparatus and nozzle, as the pressure drops necessary to drive fluids through nozzles 
increase with the decreasing nozzle diameters. Considering this constraint, the goal of 
this research was to develop a high-pressure-withstanding micro/nanonozzle-based wet-
spinning system for the extrusion of collagen micro/nanofibers. 
 Overcoming viscous and frictional forces exerted by the walls of a pipe on a fluid 
flowing through it causes a pressure loss in the fluid across the pipe. Such a pressure drop 
across a pipe with a laminar, incompressible fluid flow is represented by the Hagen 



















ΔP = P1 – P2 
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∆P = pressure drop across the pipe 
µ = dynamic viscosity of the fluid 
L = length of the pipe 
Q = flow rate of the fluid 
D = diameter of the pipe 
Laminarity of a flow through a pipe is determined by a dimensionless quantity known as 
the Reynolds number [15]. Reynolds number indicates the ratio of the inertial forces to 
viscous forces, as shown in Equation 2.2.  A flow with Reynolds number less than 
approximately 2600 is considered to be laminar. 
    





Re = Reynolds number 
ρ = density of the fluid 
v = mean velocity of the flow 
D = diameter of the pipe 
µ = dynamic viscosity of the fluid 
Table 2.1 presents the upper and lower limits of Reynolds numbers for the range of flow 
parameters for collagen wet-spinning considered in the current research. The Reynolds 
numbers are observed to be far less than 2600, justifying the applicability of Hagen 




Table 2.1. Reynolds numbers for collagen flow through micronozzles. 
 
 D, µm Q, ml/min Viscosity, Pa.s Density, kg/m
3
 Re 
Lower limit 1 3×10
-14
 1 1000 3.75×10
-05
 
Upper limit 50 0.08 1 1000 0.03 
 
It can be deduced from Equation 2.1 that for a given fluid and a flow rate, the 
pressure drop is inversely proportional to the fourth power of the diameter of a pipe. This 
indicates the need for very high driving pressures for fluid flow through pipes with 
diameters scaled down to the nanoscale. Therefore, the scope of this work entailed three 
tasks. The first task was to develop microfabrication strategies for high-pressure-
withstanding micro/nanonozzles capable of generating pressure-driven micro/nanofluidic 
jets. The study of pressure-driven sub-10 μm liquid jets has mostly been limited to 
computational analysis. Therefore, the second objective was to test the feasibility of 
pressure-driven micro/nanojet generation and carry out an empirical investigation of the 
flow behavior of liquid jets on these scales. The final objective was to utilize the 
developed high-pressure-driven micro/nanojet generation system for the production of 
collagen micro/nanofibers and control over their dimensions and geometries.  
 
2.2 Fabrication and characterization of silicon and glass-metal composite 
micro/nanonozzles 
In the past several decades, applications of micro/nanofluidic jets have expanded 
to a variety of areas including microelectronic cooling, drug delivery, ink jet printing, and 
microsurgery [16-19]. Even so, very limited experimental investigation has been reported 
on sub-10 µm jets, and fluidic jet studies on this scale have mostly been confined to fluid 
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dynamic simulations [20-21]. Therefore, the first milestone of the current research was to 
develop fabrication approaches for micromachined micro/nanonozzles, and generate and 
characterize liquid micro/nanojets driven through them.  
Since the current research demanded extrusion of nanofluidic jets, there were three 
considerations to be made while choosing the appropriate material and fabrication 
approach for the nozzles, as described below: 
1. A fabrication approach capable of constructing nozzles with inner dimensions on 
the nanoscale was required. 
2. The micromachined nozzles needed to exhibit a high-pressure withstanding 
capacity in order to sustain the high pressure drops necessary to obtain substantial 
micro/nanofluidic jet flows.  
3. Packaging demanded a long (> 5 mm) nozzle shaft for the ease of assembly with a 
high-pressure generation and jet imaging apparatus. 
The literature reports several approaches and materials employed for the fabrication 
of micro/nanonozzles. Materials explored include silicon [22], silica [23], silicon nitride 
[24], metals such as nickel [25] and palladium [26], and polymers such as PMMA [27] 
and SU8 [28]. Tensile strength of a material is one of the primary determinants of the 
burst pressure of a tube. Based on a comparison of the tensile strengths of the different 
materials utilized for the construction of micro/nanonozzles, silicon- and metal-based 
nozzles appeared better suited for high-pressure applications as compared to the 






Table 2.2. Ultimate tensile strengths (UTS) of candidate materials for the fabrication of 
micro/nanonozzles. 
 
Material Tensile strength, MPa 
Silicon 6000 [29] 
Silicon dioxide 670-940 [30] 
Silicon nitride 4150-4600 [30] 
Nickel 562 [31] 
PMMA 50-70 [32] 
SU8 50-80  [33] 
 
The reported silicon-based fabrication methods primarily focused on out-of-plane 
nozzles. Wang et al. fabricated silica nozzles on a silicon substrate using a three-mask 
process involving inductively coupled plasma (ICP) etching for electrospraying 
applications. The nozzles were fabricated to have a depth greater than 200 μm and a 
diameter of 10 μm [23]. Efforts have been directed towards fabrication approaches for 
submicron nozzles based on silicon substrates. Farooqui et al. fabricated the first free-
standing out-of-plane silicon nitride nanonozzle (diameter 585 nm) in 1992 (Figure 2.4a) 
[24]. Voigt et al. demonstrated silicon nanonozzle fabrication using anisotropic backside 
etching and focused ion beam (FIB) milling for drilling the nanoscale orifice. An aperture 
size of 100 nm was obtained by FIB milling (Figure 2.4b) [22]. Although the silicon-
based out-of-plane nozzles demonstrated the potential to scale down the orifice 
dimensions to the submicron range, their dimensions in the flow length were limited by 
the width of the substrate rather than by design, also presenting a potential packaging 
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concern. The reported in-plane metal nozzles were not suitable for proceeding towards 




Figure 2.4. Out-of-plane nanonozzles: a) silicon nitride [24], and b) silicon [22]. 
 
In this research, two distinct manufacturing approaches were adopted to achieve a 
robust microfabricated nozzle with a nanoscale orifice, as discussed in the following 
sections. These nozzles were designed to exhibit the capacity to withstand high 
differential pressures (>1000 psi) necessary to generate high speed or viscous liquid 
flows through small orifices. 
2.2.1 In-plane silicon micro/nanonozzles 
This section presents a fabrication approach for in-plane silicon 
micro/nanonozzles with dimensions ranging from 500 nm to 12 µm and the examination 




the nozzles in the current approach were not limited by fabrication constraints. Important 
three-dimensional features of the nozzle, namely, the channel and the fluidic reservoir 
could be defined by design, thereby meeting important fluid-mechanical criteria such as a 
fully developed flow. 
2.2.1.1 Fabrication development 
Figure 2.5 illustrates the fabrication process sequence for the in-plane silicon 
nozzles. A double-side polished, 450-µm thick, (100) silicon wafer was chosen as the 
substrate material. A 1-µm thick silicon dioxide (SiO2) layer was thermally grown on the 
silicon wafer using wet-oxidation (2.5 hours, 1100 ºC). Positive photoresist SC 1827 
(Shipley Co., Marlboro, MA) was spin coated on the wafer and patterned using 
photolithography to delineate the nozzle structure. The photoresist pattern was transferred 
to the SiO2 layer using inductively coupled plasma (ICP) etching. After removing the 
photoresist layer using acetone and oxygen plasma reactive ion etching (RIE), the nozzle 
channels and reservoirs were etched into the silicon substrate using anisotropic potassium 
hydroxide (KOH) etching (concentration of KOH = 40% at 70˚C, etch rate 0.6 µm/min). 
Patterns to facilitate subsequent chip individualization were aligned with the etched 
nozzle patterns and marked lithographically on the backside of the wafer using the 
backside alignment feature offered by a Karl Suss MA6 mask aligner (Suss MicroTec 
Inc., Waterbury Center, VT). These alignment marks were etched using ICP. The SiO2 
layer was etched away using hydrofluoric (HF) acid, and the wafer was cleaned with 
piranha etch (3:1 mixture of concentrated sulfuric acid (H2SO4) with hydrogen peroxide 
(H2O2)) in preparation for silicon fusion bonding. The patterned wafer was fusion bonded 





                        
                     
                
                            
 
 






1) SiO2 layer patterning for 
defining nozzle channel 
and reservoir 
2) KOH etching for 
nozzle channel, 
reservoir and ramp 
(not shown) 
3) Silicon fusion bonding 
for nozzle enclosure 
4) Nozzle individualization 
using ICP etching or 
dicing 
Top view Cross-sectional view 
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The fused wafers were annealed at 1100 ˚C for 4 hours to strengthen the bond between 
the two wafers. The nozzles were then individualized using a through-wafer ICP etch 
utilizing the Bosch process, or alternatively using dicing by following the alignment 
patterns on the back of the wafer. The surface containing the nozzle exit orifice was 
polished using chemical mechanical polishing (CMP) with the aid of a polishing cloth 
and alumina abrasive slurry (particle size: 1, 0.3, 0.05 µm). This removed any fabrication 
imperfection on the exit plane (Figure 2.6). Finally, thermal wet-oxidation was optionally 
utilized to reduce the inner dimensions of the nozzles to construct submicron nozzles. 
This process was termed as „oxidative sealing‟. The nozzles were cleaned ultrasonically 
and with piranha etch prior to fluidic testing. 
 
              
 
Figure 2.6. The orifice exit: a) before CMP, b) after CMP (scale bars = 10 µm). 
 
Nozzle structure 
The fabricated nozzles comprised a trapezoidal cross-section reservoir (width: 
150 μm, 500 μm, depth: 40 μm, length: 7 mm), a triangular cross-section channel (width: 
500 nm - 12 μm), and a ramp connecting the reservoir and the channel, as shown in 




As a fluid enters the channel section of a nozzle from the reservoir, it requires 
some length to develop its velocity profile, or in other words to achieve a fully developed 
flow [34]. A fully developed flow in a channel is dependent on its length-to-diameter 
ratio. In the current study, the channel length was designed to be 10 times the channel 
width.  
Anisotropic KOH etching 
KOH etching has a characteristic silicon-orientation-dependent etch rate. The etch 
rates are in an ascending order for silicon crystal planes (111), (100), and (110). A single 
step KOH etching was able to construct the three features of the nozzle: the reservoir, the 
channel, and the ramp, on account of its orientation-dependent nature (Figure 2.7). The 
reservoir was etched to its required depth using a timed etch. Since the channel width was 
up to 500-fold smaller than the reservoir width, the depth of the channel was dictated by 
anisotropic etch stop resulting from the intersection of the slowest etching (111) planes 
[29]. The ramp was fabricated by the undercut of the convex corners in the nozzle 
structure offering a gradual transition for the fluid from the reservoir to the channel. This 
feature avoided the excess pressure drop resulting in a laminar flow through a sudden 
contraction in a nozzle [35]. For KOH concentration of 40% at 70 ºC, the undercut of the 
convex corners (in x and y directions) was observed to be 2.5 times the etch rate along 











Figure 2.7. A KOH etched nozzle: a) tilted view illustrating different parts of the nozzle- 
channel, reservoir, and ramp, b) top and cross-sectional views, and c) a schematic of the 
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Oxidative sealing of the nozzles 
The individualized nozzles were thermally oxidized to scale down the orifice 
sizes from the micron to submicron range. Thermal oxidation is a process for growing 
thin films of SiO2 on a silicon substrate and is achieved by placing the substrate in very 
high temperatures in the presence of oxidants such as molecular oxygen or oxygen in the 
presence of water vapor. In this process, as the oxidation progresses, the oxidizing agent 
diffuses through the grown SiO2 film to react with the silicon layer to further form SiO2. 
Consequently, 46% of the SiO2 film is formed below the original silicon surface while 54 
% is formed above, as shown in Figure 2.8. The rate of growth of a thermally grown 
oxide is mathematically expressed by the Deal-Grove model [36].  
The silicon nozzles had two faces defined by (111) planes and one face defined by 
a (100) plane. The thickness of the SiO2 layer grown above the original surfaces 
determined the contraction of nozzle orifice dimensions. The opening size after oxidative 
sealing could be estimated by a trigonometric analysis of the geometry of the triangular 
nozzle (Figure 2.9), as expressed in Equation 2.3.  
w = W – 1.4t1 – 2.4t2 (2.3) 
Where, 
w = Final width of the sealed nozzle 
W = Original width of the sealed nozzle 
t1 = Oxide thickness above the original silicon surface for a (100) plane 
t2 = Oxide thickness above the original silicon surface for a (111) plane 
 Figure 2.8a illustrates a 500-nm wide nozzle obtained after a 16 hour long wet 
oxidation at 1100 °C of a 3-μm wide triangular nozzle. Using this approach, nanoscale 
orifices could be obtained without resorting to serial processing nanofabrication 
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techniques. Owing to compressive stresses at the concave corners, the oxide thickness in 
the vicinity of the corners of the triangles was smaller as compared to the rest of each 
edge leading to a nonuniform oxide profile along the edge. A near-circular cross-section 
channel could be obtained by oxidizing the triangular channel, and etching the grown 
SiO2 with HF (Figure 2.8b). Figure 2.9 compares the measured widths of the sealed 
nozzles with the estimated widths obtained using (Equation 2.3).  
Design variations 
Using this fabrication approach, variants of the above design could be obtained by 
an additional photolithography step to obtain various nozzle profiles suitable for fluid 
flow applications. To achieve this, the channel was etched using ICP while the reservoir 





























          
 
Figure 2.8. Oxidative sealing of in-plane silicon nozzles: a) a schematic representation, b) 
a 500-nm wide orifice obtained by thermal oxidation of a 3-μm wide silicon orifice, and 
c) a 9-µm wide rounded triangular cross-section orifice obtained after oxidation of a 7- 






0.54 % of the grown SiO2 
0.46 % of the grown SiO2 
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1100 ºC 
Oxidative sealing of in-plane silicon nozzles 












Figure 2.9. Estimation of the oxidatively sealed nozzle dimension (not taking into 






























W = 7 µm 










Figure 2.10. Nozzle channels etched using ICP to obatin a 4 µm × 4 µm rectangular 
cross-sectional nozzle. 
 
2.2.1.2 Testing and characterization of the silicon micro/nanonozzles 
The formation of macro- and micro-scale liquid jets, and mechanisms of their 
decay into droplets has been a subject of investigation for centuries [37]. Optical 
microscopy and x-ray spectroscopy have been used as visualization and characterization 
methods for microscale liquid jets [37-38]. The current work focused on developing a 
microfluidic system suitable for the generation and visual characterization of liquid jets 













Burst pressure  
The burst pressure for the fabricated nozzles was approximately estimated using 
the Barlow formula expressed by Equation 2.4 [39]. This formula relates the internal 
pressure that a circular pipe can withstand to its dimensions and material strength.  
  





P = Burst pressure of a tubular pipe 
S = Ultimate tensile strength of the material 
T = Wall thickness of the pipe 
D = Outer diameter of the pipe 
For the purpose of estimating the burst pressure of the in-plane silicon nozzles, the 
dimensions in the direction of the substrate width were assumed. For a 1-µm wide nozzle 
channel, a burst pressure of 800000 psi was estimated. During the liquid jet generation 
tests, the fused silicon nozzles were observed to withstand pressures upto the maximum 
pressure generation capacity of the fluidic apparatus (2200 psi), sparing a few occasional 
instances of nozzle burst observed for pressures above 1500 psi. These bursts were 
believed to result from the propagation of silicon fusion bonding imperfections (Figure 
2.11). 
Micro/nanojet generation and visualization apparatus 
 The microfabricated nozzles were integrated with a high-pressure fluidic 
apparatus for jet generation using a machined stainless steel frame acting as a micro-to-
macro interface. The nozzles were packaged with the frame using epoxy E-120HP 
(Loctite Corp.) to form a leak proof interface (Figure 2.12). The epoxy was chosen based 
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on its excellent mechanical properties and a capacity to withstand exposures to a wide 
range of solvents. Liquid propane (surface tension: 0.0075 N/m, vapor pressure: 124 psi) 
and butane (surface tension: 0.0123N/m, vapor pressure: 32 psi) were used as the 




Figure 2.11. Silicon nozzle burst initiated by bonding imperfections (scale bar = 200 µm). 
 
A schematic of the high-pressure fluidic apparatus used for generating 
micro/nanojets through the micromachined nozzles is illustrated in Figure 2.12a. In this 
system, nitrogen was used for pressurizing [up to 2200 psi (15 MPa)].  Before the system 
was filled with the working fluid, it was first pressurized slightly above its vapor pressure 
using nitrogen, and then the liquid (propane or butane) was pumped into the reservoir to 
the desired level.  The system was then pressurized using nitrogen (above the liquid 
level) to the desired working pressure. 




Figure 2.13 shows a schematic of the jet visualization and imaging setup. The 
microjets were visualized using a laser shadowgraph imaging approach, which involves 
shining a collimated beam of light on the object while capturing its shadow from the 
other side. The flow field was illuminated using Nd:YAG laser (532 nm). Instantaneous 






Figure 2.12. A stainless steel frame as a macro-to-micro interface for the in-plane silicon 
nozzles. 
Fluid input from high 









Figure 2.13. a) A high-pressure fluidic apparatus, and b) a micro/nanojet imaging 
shadowgraph system. 
 
Liquid micro/nano jet generation 
Fluidic micro/nanojets were generated by applying pressures ranging from 50 psi 
(0.3 MPa) to 2200 psi (15 MPa) to nozzles with dimensions varying from 500 nm to 12 
μm.  
 Formation and breakup of jets 
 A typical laminar liquid jet issued from a nozzle consists of an initial columnar 
section that „pinches off‟ into atomized droplets at a certain distance downstream. Jet 
breakup is influenced by surface tension properties of the liquid, inertial and viscous 
forces in the liquid, and instabilities and disturbances originating from the fluid and the 
ambient [40]. The evaporative micro/nanojets extruded from the micromachined nozzles 
displayed a similar behavior (Figure 2.14). The jet breakup into droplets occurred at a 
certain distance from the exit plane. The breakup distances of the jets, measured from the 


























with the applied driving pressures. Increasing driving pressures indicate increasing jet 
velocities in the laminar flow regime, and generally, the jet breakup distance increases 
linearly with the jet velocities in this regime [40]. Figure 2.15 illustrates representative 
shadowgraph images for 12 μm and 1 μm butane jets respectively, illustrating the 
variation of jet breakup distance with driving pressures. For both the nozzles, the 
breakups occurred further downstream with increasing driving pressures. Aberrant 
behavior displayed by the 12 μm jets above 500 psi was intermittently observed. This 
characteristic may be attributed to the presence of contamination or bubbles at the exit 


















Figure 2.15. Shadowgraph images illustrating the variation of the breakup distance with 
the driving pressure for, a) 12 µm butane jets, and b) 1 µm butane jets. 
 
 
 Velocity of jet streams 
 The velocity of the atomized droplets could be estimated over a range of driving 
pressures by the cross-correlation of identifiable droplet images in successive frames that 
were taken at a given time delay (Figure 2.16). This method was applied for estimating 
the jet velocities issued from 6, 2.5, and 1 μm wide nozzles. According to the Hagen 





pressure drop across the tube for a given fluid. This trend was observed for the 
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Figure 2.17. Velocity measurement of micro/nanojets using shadowgraph imaging for: a) 
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 1 µm jet 
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2.2.1.3 Discussion of the encountered problems  
 Though sub-10 μm laminar fluidic flows could be generated using the developed 
apparatus, and the jet characteristics could be recorded for each jet, repeatability was rare. 
A significant inconsistency was noted between different nozzles and different 
experiments for the same nozzle in terms of driving pressures, jet breakup distances, and 
jet velocities. Figure 2.18a illustrates the variation the of jet driving pressures for 6 μm 
nozzles from the same batch, and Figure 2.18b shows the variation of breakup distances 
for 4 μm nozzles at a driving pressure of 1700 psi (11.5 MPa). Several instances of jet 
instabilities such as pooling, spraying, and splitting were also observed (Figure 2.19). As 
a result of this, correlations between nozzle dimensions, driving pressures, jet breakup 
distances, and jet velocities could not be drawn.  
Upon inspection of the nozzle orifices after fluidic testing, it was concluded that 
the noted inconsistency was an outcome of partial or complete obstruction of flow caused 
by clogging of the nozzles. Figure 2.20 illustrates the SEM images of a nozzle prior to the 
fluidic testing and the clog appearing after the jet flow. Potential sources for the nozzle 
contamination were the condensation of moisture and dust at the orifice opening resulting 
from the Joule-Thompson and latent heat induced freezing of compressed butane and 
propane jets, residue from the working fluids, the apparatus, or the micronozzles 
themselves. To eliminate any impurities being introduced from the nozzle and its 
fabrication approach, the silicon-based micro/nanonozzles machining method was 
analyzed once again. Alumina particles introduced during CMP of the nozzles were a 
possible source for particulate incorporation in the nozzle channels. The silicon nozzles 
also lacked axis-symmetry, a feature often seen in fluid mechanical studies. Also, the 
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oxidized submicron nozzles often failed to extrude jets, challenging the patency and the 
uncertain three-dimensional profile of the SiO2 channel. Considering these factors, and to 
eliminate the introduction of any instabilities introduced as a result of the manufacturing 
approach, the second generation of nozzles was fabricated using mechanical 





Figure 2.18. Variability in jet characteristics: a) variation of the jet startup driving 
pressures for 6 μm nozzles from the same batch, and b) variation of the jet breakup 





























































Figure 2.19. Shadowgraph images illustrating jet-instabilities: a) pooling, b) spraying, 





















Figure 2.20. A 5-μm wide nozzle, a) before fluidic testing, b) after fluidic testing, 
illustrating nozzle clogging (scale bars = 5 µm). 
 
 
2.2.2 Glass-metal composite micro/nanonozzles  
A non-lithographic fabrication approach was developed for high-strength glass-
metal composite micro/nanonozzles with orifice diameters ranging from 430 nm to 100 
μm. Conventional borosilicate micropipettes were used as a foundation, and nickel was 
used as a strengthening layer to construct the high-pressure-withstanding 
micro/nanonozzles. The nozzles were fabricated to have an axis-symmetric geometry 
without any sudden boundary changes offering an ideal environment for the fluid to flow. 
In addition to the simplicity of the fabrication process, this approach also offered the 
ability to incorporate a wireless temperature control system for the nozzles to assist in 
circumventing the ice formation at the tip of the nozzle. 
 
2.2.2.1 Fabrication development 
 The fabrication sequence for glass-metal composite nozzles is illustrated in Figure 
2.21. Borosilicate glass capillaries were pulled into micro/nanopipettes using a P-97 




consisted of a heating coil, an airjet cooling system, and clamps to secure the glass 
capillaries such that the center of the tube to be pulled was positioned in the heating coil. 
To initiate the micropipette pulling process, the glass tube was fastened to the machine 
and heated locally by the heating coil. A constant tensile force was simultaneously 
applied to the ends of the tube. The glass tube was locally melted and drawn into a 
micropipette. At a specified time, a hard pull was applied to the ends of the tube to break 
it into two individual micropipettes. By varying the machine parameters such as the heat, 
velocity of glass carriage under constant load at which the hard pull was applied, force of 
the hard pull, and air cooling time, the tip diameter and the taper length of the 
micropipette could be controlled.  
The glass micropipette was sputter coated with a titanium/copper (Ti/Cu) seed 
layer. A 20-50-μm thick layer of nickel was electroplated to mechanically reinforce the 
micropipettes. This step concealed the entire glass pipette including the micro/nano 
orifice tips. To uncover the concealed orifice, focused ion beam (FIB) milling was 
employed to precisely mill out the top layer of nickel from the nozzle tip.  
Using this technique, nozzles with tip diameters ranging from 430 nm to 100 μm 
were fabricated (Figure 2.22). A pure nickel nozzle could be fabricated by etching away 
the glass support using HF acid (Figure 2.22e). This technique could also be applied for 
the fabrication of metal multibarrel micropipettes (Figure 2.22f). This fabrication 
approach was believed to be non-invasive, such that the nozzle interiors did not come in 
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Figure 2.22.  a) A glass micropipette pulled using a micropipette puller (scale bar = 50 
µm), b) a micronozzle after electroplating with nickel (scale bar = 100 µm), c) a 
micronozzle after FIB milling to reveal the micro orifice tip (scale bar = 50 µm), d) a 430 
nm glass-metal orifice (scale bars = 200 µm and 500 nm), e) an 8 μm diameter nickel 
micronozzle with glass layer etched away (scale bar = 50 µm), and f) a 3-barrel glass-












2.2.2.2 Testing and characterization 
Burst pressures 
The burst pressure for pulled glass capillaries (inner diameter (I.D.) = 1 µm) sans 
the nickel reinforcement was estimated to be 10000 psi using the Barlow formula 
(Equation 2.4). Upon empirical investigation, it was discovered that the glass capillaries 
fractured at pressures much below the predicted values. This premature failure could be 
attributed to the microcracks and local stress concentrations contained in the pulled glass 
micropipette tips resulting from the pulling process. Furthermore, the glass tips were very 
delicate and presented handling issues during the packaging steps without the metal layer. 
Nickel reinforcement of the glass pipettes helped overcome the pressure-withstanding 
and handling issues very effectively. With the metal reinforcement, the glass nozzles 
were observed to withstand pressures up to 1500 psi (10.5 MPa) (the maximum pressure 
generation capacity of the fluidic apparatus at the time of testing). 
Liquid micro/nano jet generation 
The glass-metal composite micro/nanonozzles were interfaced with the high-
pressure generation apparatus, as discussed for the silicon micro/nanonozzles (Figure 
2.23). Pressures ranging from 50 to 1500 psi were applied to generate butane and propane 
jets from nozzles with inner dimensions spanning from 450 nm to 10 μm.  
Micro/nanojet characteristics, similar to the jets issued from silicon 
micro/nanonozzles were observed. Measurements for the breakup distances and velocities 
were made in the same fashion. Figure 2.24 illustrates a shadowgraph image of a stable 
1.5 μm propane jet obtained by applying a driving pressure of 1000 psi (6.9 MPa).  The 
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breakup distance of the jet was 150 μm and the velocity was estimated to be 
approximately 66 m/s.  
Testing with evaporative fluids resulted in cooling of the jets due to Joule-
Thomson and evaporative cooling effects. The condensation of moisture and dust in the 
atmosphere resulted in ice formation at the tip of the nozzles and led to jet obstruction. 
The glass-metal nozzles allowed for the incorporation of an induction-based wireless 
heating system that enabled heating of the nozzles (50 °C) during jet flow experiments. 
This feature successfully avoided the ice formation (Figure 2.25).  
Nanojet formation 
A 900 nm propane jet with a velocity of 22 m/s was generated at 1200 psi (Figure 
2.26). To our knowledge, this is the first evidence of the generation and visualization of a 
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Figure 2.25.  Shadowgraph images of, a) ice formation at the tip of the micronozzle, b) a 




















Figure 2.26. A shadowgraph image of a 900 nm propane jet driven at 1200 psi.  
 
 
2.2.2.3 Discussion of the encountered problems  
Even though the feasibility of pressure-driven nanojets was demonstrated, the 
inconsistency of jet parameters continued to exist. The glass-metal composite nozzles did 
not help resolve the clogging issue. It was surmised that the working fluids significantly 
contributed to the contamination. The use of evaporative fluids may have caused the 
heavier hydrocarbons to be left behind in the nozzle, impeding the jet flow. Conclusive 
data providing correlation between the different dimensions of the nozzles and their 
driving pressures, jet velocities, and jet breakup distances could not be obtained, and it 
was not possible to theorize the jet flow behavior.  
 
2.2.3 Conclusion 
The characterization of MEMS-based nozzles with test fluids, liquid butane and 
liquid propane, confirmed that nanojets could be issued from nanoscale nozzles under 
high-pressure conditions. But this method was significantly limited by nozzle clogging. 
On sub-10 µm scales it was challenging to identify or eliminate the source of 
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contamination. It was concluded that small openings are very sensitive to impurities, and 
the smallest variability in the system can cause a significant change in the flow property. 
  
2.3 Wet-spinning-based collagen micro/nanofiber extrusion 
The final objective of this study was to utilize the micromachined 
micro/nanonozzles for the development of a wet-spinning system for collagen 
micro/nanofibers with alterable dimensions. Having established the feasibility of 
pressure-driven nanofluidic jets, the first wet-spinning approach involved modulation of 
wet-spun collagen fiber dimensions by controlling the nozzle orifice diameters and using 
high pressure conditions to extrude collagen jets. But having discovered the nozzle 
clogging and contamination issues in small-dimension nozzles, an alternate wet-spinning 
approach using hydrodynamic focusing for controlling the fiber dimensions and 
geometries was developed. 
2.3.1 Modulation of nozzle diameters for control over collagen fiber dimensions 
In this approach, the inner diameters of the nozzles were varied to control the 
dimensions of the fibers extruded from it.  
2.3.1.1 Apparatus design 
The collagen fiber wet-spinning apparatus consisted of a micromachined glass-
metal composite micro/nanonozzle (I.D.: 5, 10, and 20 um) interfaced with a stainless 
steel pressurized reservoir, as shown in Figure 2.27. The nozzles were packaged in plastic 
frames fabricated using stereolithography prior to assembly with the fluidic apparatus, as 
described in the previous section. The reservoir (volume = 100 l) was connected to a 
nitrogen tank and a pressure gauge for controlled application of pressure. The nozzle exit 
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orifice was immersed in a coagulant wet-spinning buffer (WSB) medium (10 wt% poly 
(ethylene glycol) Mw = 35000, 4.14 mg/mL monobasic sodium phosphate, 12.1 mg/mL 
dibasic sodium phosphate, 6.86 mg/mL TES (N-tris (hydroxymethyl) methyl-2-























2.3.1.2 Wet-spinning tests and results 
Collagen type I, obtained from rat tail tendons and solubilized in 10 mM HCl was 
utilized for the fiber production. The collagen solution (concentration= 2 mg/ml) was 
loaded into the high-pressure reservoir. The reservoir was pressurized to the desired level 
to extrude collagen jets into the WSB media. The diffusion of alkaline WSB solution into 
the generated acidic collagen jet created a neutral pH causing the viscosity of the 
neutralized collagen to increase nearly 300-fold and the collagen filaments to precipitate 
as fibers. For fiber collection, the WSB solution containing the fibers was passed through 
a filter paper with a nominal pore diameter of 800 nm and cleaned in deionized (DI) 
water before drying. The filtered collagen fibers were then observed under the SEM 
(Hitachi).  
Nozzles with I.D. 5, 10, and 20 m were used for these experiments. The 
produced dry fibers were observed to be ribbon-shaped. For 20 m diameter nozzles, 
fibers with a width of 8.5 m and a thickness of 2 m were produced for driving 
pressures of 600-1000 psi (4-6.9 MPa). The smallest fibers fabricated by this method 
were yielded by a 10 µm orifice nozzle at 1000 psi (6.9 MPa) and were 2 µm in width 
and 400 nm in thickness (Figure 2.28). Sub-10 m nozzles failed to produce any 
discernible fibers. 
2.3.1.3 Limitations of the approach 
After fiber-spinning, clusters of fibers of lengths varying from a few millimeters 
to approximately 2 centimeters were observed. Frequent fiber breakages and nozzle 
clogging resulting from gel formation at the interface of the nozzle tip and the coagulant 
solution were observed. The clogging issue was observed to intensify with decreasing 
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orifice diameter, being the most pronounced on sub-10 µm scales.  To overcome this, an 





Figure 2.28. A 2-μm wide wet-spun collagen microfiber fabricated using a pressurized 10 
μm nozzle (scale bars = 100 µm and 10 µm). 
 
2.3.2 Hydrodynamic focusing for control over collagen fiber dimensions and 
geometries 
The principle of hydrodynamic focusing was utilized to address the nozzle-
clogging concern. Hydrodynamic focusing is characterized by coaxial laminar flows of a 
core and a sheath fluid. The sheath fluid flow constricts and compresses the flow of the 
core fluid using fluid dynamic forces, and its flow rate can be used to control the 
diameter of the core fluid jet. The sheath flow essentially acts as a virtual nozzle with 
fluidic walls for the core fluid jet. This approach has been used in applications such as 
cell cytometry [43] and fluid mixing [44]. This approach has also been demonstrated for 
the modulation of dimensions of chitosan and alginate microfibers [45-48]. 
Hydrodynamic focusing has been applied for creating localized pH gradients and 
studying their influence on the self-assembly of collagen fibrils [49].   
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This strategy was adopted for the fabrication of collagen fibers. Solubilized 
collagen in 10 mM HCl (concentration = 5 mg/ml) constituted the core stream, and the 
coagulant WSB solution was used as the sheath stream to compress the collagen jets and 
initiate the self-assembly of the collagen molecules into fibrils simultaneously. With this 
approach, it was feasible to use nozzles with larger diameters (>75 um) alleviating the 
clogging issues. 
Generally, the mechanical properties and the dimensions of wet-spun fibers are 
influenced by two phenomena, hydrodynamic focusing and jet stretch. Hydrodynamic 
forces during the spinning process cause the fibrils to align in the direction of the flow 
and also reduce the diameter of the fiber. The generated fibers are usually collected using 
a motorized rotating setup and optionally subjected to a mechanical annealing process 
involving application of a longitudinal tensile load on the fibers. The tension applied to 
the fibers in these fashions causes a jet-stretch phenomenon resulting in the directional 
alignment of the fibrillar network to be further enhanced as compared to that obtained 
purely by hydrodynamic forces. It also results in smaller fiber dimensions. Since the goal 
of this research was to study the influence of the hydrodynamic focusing effect in 
isolation, a fiber collection setup was omitted from the wet-spinning system. The fibers 
exiting from the tube flowing the sheath fluid were directly immersed in a dish tin 







2.3.2.1 Apparatus design 
The hydrodynamic focusing apparatus consisted of a micromachined glass-metal 
composite micronozzle for flowing the core collagen stream. The micronozzle was 
integrated with a T-fitting for the incorporation of a coaxial sheath flow of WSB solution 
around the collagen jet (Figure 2.29). Both the collagen and WSB inlets were interfaced 
with syringe pumps to control the flow rates of the solutions. The core micronozzle 
diameters used were 75, 150, and 250 µm. The diameter and length of the outer tube 






Figure 2.29.  A collagen microfiber wet-spinning apparatus with hydrodynamic focusing. 
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I.D. = 75 - 250 µm  
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2.3.2.2 Hydrodynamic focusing theory 
A 2D model for hydrodynamic focusing was developed by Lee et al employing 
potential flow theory [50]. A schematic for the geometry utilized for this model is 
illustrated in Figure 2.30. The theory assumed the core and sheath flows to be laminar 
and the diffusion between the two flows to be negligible. By applying conservation of 
mass theory to the given flow configuration, Equations 2.5 and 2.6 were obtained. 
              (2.5) 
                                        (2.6) 
Where, ρa, ρ1, ρ2, and ρ3 are densities of the fluids, va, v1, v2,  and v3  are flow velocities, and 
Da, D1, D2,  and D3 are diameters of the respective areas. 
Also, if d<<Da , the focused jet velocity, vc could be assumed to be the maximum velocity 
of the jet through Da.  
         (2.7) 
From Equations, 2.5, 2.6, and 2.7, the width of the focused jet can be derived as 
expressed in Equation 2.8. 
   
     
     
        
     
  
        
     




The assumptions of this theory differ from the process of wet-spinning of collagen fibers 
in several ways. While the theory assumes the fluids to be immiscible, wet-spinning is 
actually a dynamic process where the two fluids counter-diffuse such that the formation 
of the fiber gel and the focusing phenomenon occur simultaneously. The theory does not 
take into account the effects of the viscosities of the two fluids. In wet-spinning, the 
viscosity of the core fluid increases as the jet evolves in the sheath fluid forming fibers 
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and influences the geometry and the dimensions of the fibers. Therefore, the presented 




Figure 2.30.  A 2D model for hydrodynamic focusing. 
  
2.3.2.3 Wet-spinning tests and results 
For wet-spinning with hydrodynamic focusing, flow rates of coaxial laminar 
flows of collagen and coagulant WSB solutions were varied to control the dimensions of 
the ensuing fibers. The fibers were collected in an aluminum dish-tin containing 2 ml of 
WSB solution. The WSB solution was replaced with DI water, and the hydrated fiber 
dimensions were measured with the fibers immersed in water using a Keyence VHX-600 
digital microscope (Figure 2.32). The fibers were observed to be ribbon-shaped. The 
precise cause for the shape of the fibers was not identified. The flattening may have 
resulted from chemical or physical aspects of the wet-spinning process. It has been 
reported that native collagen fibrils self-assemble to form fibers of various sizes and 
shapes. Depending on the origin of the tissue, these fibers are either cord-shaped (circular 












under certain conditions, the collagen fibrils may have a tendency to self-assemble into 
ribbon-like fibers. The fiber flattening may also have been a product of an anisotropic 
stress experienced by the fibers in the flow.  
The influence of the flow rates and nozzle dimensions on the wet-spun fibers is 
shown in Table 2.3 and Figure 2.33. It was observed that increasing the sheath flow rate 
or decreasing the core flow rate resulted in reduced fiber dimensions. In other words, 
increasing the sheath-to-core relative flow velocity resulted in finer fiber dimensions. At 
WSB flow rates greater than 8 ml/min, continuous fiber formation was not observed. 
Although reducing the nozzle diameters resulted in finer fibers, this effect was not as 
significant as compared to the influence of the flow rates. For example, fibers issued by a 
250 µm nozzle at a collagen flow rate of 0.03 ml/min were smaller than those issued by a 
75 µm nozzle at a collagen flow rate of 0.08 ml/min. The finest fiber was delivered by a 
75 µm nozzle for a relative flow velocity of 33.3 and had a cross sectional dimension of 
28 µm × 5 µm (effective diameter = 13.8 µm). Figure 2.34 compares the measured 
effective diameters with estimated focused diameters (Equation 2.8).  The theoretical 
model overestimated the fiber dimensions and also displayed a more drastic reduction of 
fiber diameters with increasing flow velocity ratios as compared to the measured 
dimensions. Along with the various factors discussed in the previous section, the 
influence of the nozzle dimensions on the obtained fibers is not considered in the model 
resulting in larger fiber dimension estimates. Also, the model assumes non-mixing fluids 
of the same viscosities. The viscosity of the wet-spun collagen jet increases manifold as it 
evolves through the WSB sheath flow. This factor may contribute to the drastic reduction 
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in the estimated fiber dimensions with increasing sheath flow rates as compared to a 





Figure 2.31. SEM images of hydrodynamically focused wet-spun collagen microfibers: a) 




Figure 2.32. Microscope images of hydrodynamically focused wet-spun collagen fibers: 
a) a hydrated fiber immersed in water (scale bar = 30 µm), b) fibers collected on a rod for 







Table 2.3. The effect of flow rates and nozzle dimensions on the wet-spun collagen 
microfibers. 
 




















0.08 1 2.5 
274±10 
(n=5) 
5 59.1 285.7 
0.08 3 7.5 
133±16 
(n=5) 
5 29.1 117.6 
0.08 5 12.5 
118±13 
(n=5) 
5 27.4 74.0 
0.08 8 20 
79±4 
(n=5) 
5 22.5 47.6 
0.03 1 6.6 
143±8 
(n=5) 
5 30.2 130.4 
0.03 3 20 
68±6 
(n=5) 
5 20.8 47.6 
0.03 5 33.3 
46±5 
(n=5) 
5 17.1 29.1 
0.03 8 53.3 
34±4 
(n=5) 
















Table 2.3 continued 
 




















0.08 1 2.5 
158±16 
(n=5) 
5 31.7 285.7 
0.08 3 7.5 
122±18 
(n=5) 
5 27.9 117.6 
0.08 5 12.5 
96±7 
(n=5) 
5 24.8 74.0 
0.08 8 20 
73±10 
(n=5) 
5 21.6 47.6 
0.03 1 6.6 
113±13 
(n=5) 
5 26.8 130.4 
0.03 3 20 
61±6 
(n=5) 
5 19.8 47.6 
0.03 5 33.3 
42±6 
(n=5) 




















Table 2.3 continued 
 




















0.08 1 2.5 
138±10 
(n=5) 
5 29.6 285.7 
0.08 3 7.5 
97±6 
(n=5) 
5 24.8 117.6 
0.08 5 12.5 
59±11 
(n=5) 
5 19.4 74.0 
0.03 1 6.6 
65±6 
(n=5) 
5 20.3 130.4 
0.03 3 20 
41±5 
(n=5) 
5 16.2 47.6 
0.03 5 33.3 
30±2 
(n=5) 









Figure 2.33. Variation of the effective diameter of the hydrodynamically focused 

















































Sheath flow rate, Q1 (ml/min)
I.D.=250 µm, Q2=0.08 ml/min
I.D.=150 µm, Q2=0.08 ml/min
I.D.=75  µm, Q2=0.08 ml/min
I.D.=250 µm, Q2=0.03 ml/min
I.D.=150 µm, Q2=0.03 ml/min















     
 
   
 
Figure 2.34. Estimated and measured effective diameters of hydrodynamically focused 






















































































































































































Q2 = 0.03 ml/min 
I.D. = 250 µm  
Q2 = 0.08 ml/min 
Q2 = 0.03 ml/min 
I.D. = 150 µm  
Q2 = 0.08 ml/min 
Q2 = 0.03 ml/min 
I.D. = 75 µm  
Q2 = 0.08 ml/min 
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2.3.2.4 Hydrodynamic focusing for crimped collagen fibers 
Various soft tissues in the human body, such as tendons, ligaments, and blood 
vessels are made up of crimped collagen fiber bundles, as shown in Figure 3.15a. When 
the tissue comprising such fibers is loaded in tension, the fibers do not contribute 
significantly to the load bearing at low strains, resulting in a low modulus of elasticity. 
As the tissue progresses to higher strains, the fiber undulations start to straighten, and the 
material transitions to a higher modulus of elasticity regime. This results in a 
characteristic nonlinear elastic behavior and the stress-strain curves for these tissues 
display toe, heel, and linear regions, as shown in Figure 2.35 [51]. 
Caves et al. have demonstrated the use of an elastomeric deformable template as a 
crimping tool for wet-spun collagen fibers [52]. They established the feasibility of 
embedding such crimped fibers in an elastin matrix to obtain composite materials 
exhibiting non-linear elastic behavior as observed in native tissues.  
 When two liquids of significantly different viscosities are flowed together in a 
hydrodynamic focusing configuration, such that the higher viscosity fluid forms the core, 
the viscous thread encounters folding when faced with a sudden deceleration.  This was 
demonstrated by Cubaud et al. using silicone oils (relative viscosity between core and 
sheath fluids > 15) flowing in a microfluidic chip (Figure 2.36) [53]. The source of 
deceleration of the core fluid was a sudden divergence in the flow channel. In this 
configuration, the core viscous threads underwent oscillatory instabilities instead of 
dilating for minimization of viscous dissipation.  This phenomenon was also observed by 
Shin et al. during the wet-spinning of alginate fibers [54]. The core fluid folding was 
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attributed to its deceleration resulting from the high friction between the sheath fluid and 
forming solid fibers in the flow. 
Crimped collagen fibers could be manufactured directly as a part of the wet-
spinning process by using the above cited hydrodynamic effects. Undulations could be 
introduced in the collagen fibers collected in a dish tin containing WSB solution at 
certain sheath flow rates (Figure 2.37, Figure 2.38). To achieve these crimped structures, 
the coaxial flows of collagen and WSB solutions were immersed in the dish tin 
containing a static WSB solution. During the course of the fiber gel formation, the 
viscosity of collagen is amplified by approximately 200 times. The formation of viscous 
collagen fibers and subjecting them to a static fluid and a sudden divergence resulted in a 
folding instability due to the sudden velocity drop. This phenomenon was typically 
observed at low WSB flow rates (<3 ml/min) and was most repeatable at a WSB flow 












Figure 2.35. a) Crimped structure of collagen fibers in porcine tendons, and b) a 
representative stress-strain curve for soft tissues with crimped fibers illustrating a 




Figure 2.36. Folding instabilities in hydrodynamic focusing of silicone oils with different 
viscosities and flow rates. This phenomenon is observed when the core fluid viscosity is 
15-fold or more greater than the sheath fluid. The ratio of sheath flow rate to core flow 
rate increases from a) to c) [53].  







Although in principle, the relative flow rates of collagen and WSB solutions 
influence the amplitude and wavelength of these undulations, this effect was not 
predominantly observed in this study. Since the measurements for hydrated fibers were 
performed while immersed in water, a precise determination of the undulation 
geometrical properties was not feasible. The amplitude (a) of the crimps was observed to 




















Figure 2.37. Crimped collagen fibers obtained using hydrodynamic focusing. The image 













Figure 2.38. Crimped collagen fibers after air drying. The fibers lost distinct undulations 




2.3.3 Mechanical characterization of the wet-spun fibers 
The mechanical properties of the wet-spun collagen microfibers were evaluated 
using a dynamic mechanical analysis (DMA) tool (Rheometrics Inc.).  
2.3.3.1 Sample preparation 
For the ease of handling, fibers with dimensions 50 µm × 20 µm were utilized for 
the mechanical characterization experiments. Prior to the DMA analysis, the fibers were 
incubated in a fiber incubation buffer (FIB, 7.89 mg/mL sodium chloride, 4.26 mg/mL 
dibasic sodium phosphate, 10 mM Tris, pH = 7.4) for 48 hours at 37 °C to facilitate the 
collagen fibril self assembly and crosslinked in vapor phase glutaraldehyde (0.5 wt% 
glutaric acid dialdehyde in 1× PBS) for 14 hours. They were then cut into 14 mm long 
specimens. Each fiber specimen was mounted on a C-shaped plastic frame for 
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mechanical support and handling, as shown in Figure 2.39a. The ends of the fibers were 
glued to the top and the bottom horizontal sections of the frame, such that the length of 
the suspended fiber was 8 mm. The horizontal portions of the plastic frame were clamped 
to the grips of the sample mount on the DMA equipment. The vertical portion of the 
frame was then cut to transfer the entire applied tensile load to the fiber. For obtaining 
properties of hydrated fibers, the sample mount was immersed into a PBS solution bath 
maintained at 37 ºC for the duration of the applied load. The dimensions of the fibers in 
the hydrated state were measured microscopically, and input to the DMA tool for the 
derivation of the stress-strain curves. A loading strain rate of 0.64 % per second was 
applied longitudinally to each fiber until failure. The stress-strain curves were produced 
by the DMA tool by measuring the force experienced by the fiber for each unit strain and 
calculating the engineering stresses utilizing the hydrated cross-sectional area of the fiber.  
2.3.3.2 Observations 
Three parameters were analyzed from the derived engineering stress-strain curves, as 
described below: 
1. Young‟s modulus of the material determined by the slope of the stress-strain 
curve in the elastic regime   
2. Ultimate tensile strength or the maximum stress experienced by the material in 
tension, and 
3. Failure strain of the material 
For all the parameters, the average and standard deviation were calculated from 4 
measurements. The wet-spun collagen fibers exhibited a Young‟s modulus of 490 ± 50 
MPa. The fibers fractured while still in the elastic regime (Figure 2.39b). The fibers 
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displayed a low failure strain of 8.3 ± 1 %. The ultimate tensile strength of the fibers was 
observed to be 40 ± 4.6 MPa.   
Native collagen fibers display very high stiffness and strength, a property often 
attributed to the arrangement of the peptide strands in their molecules and the covalent 
bonds between them. Several studies have been conducted to assess the mechanical 
properties of collagen fibers extracted from tissues such as tendons. These fibers exhibit 
an approimate stiffness of 1000 MPa and a strength ranging from 50-100 MPa [55].  
The properties of synthetic collagen fibers obtained from extrusion-based 
methods, such as electrospinning and wet-spinning, vary depending on the processing 
conditions such as, the collection approach, mechanical annealing of the fibers, and the 
crosslinking approach. Table 2.4 lists the range of the mechanical properties of 
engineered fibers as studied by other groups. 
The hydrodynamically focused fibers exhibit properties in the range of the 
engineered fiber properties reported in the literature. The fibers fabricated in this research 
have favorable hydrodynamic forces that aid in the directional alignment of the collagen 
fibrils in the longitudinal direction of the fibers, enhancing the mechanical properties. But 
due to the absence of a fiber collection setup, the fibers do not undergo a further strain-
based annealing process. As mentioned earlier, applying a tensile load at the collection 
stage of the fibers or at a later incubation stage can further enhance the mechanical 












                                    
 
 
Figure 2.39. Mechanical characterization of wet-spun collagen fibers: a) sample 
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Table 2.4. Mechanical properties of hydrodynamically focused fibers, native collagen 
fibers, and engineered collagen fibers. 
 
 










490 ± 50 (n=4) 40 ± 4.6 (n=4) 8.3 ± 1 (n=4)  
Native collagen 
fibers 
1000 50-100 10 [55] 
Electrospun 




modulus (<5 %)] 
25 33 [56] 
Wet-spun collagen 
type I fibers 
(processing 
methods vary for 
different reports) 




In this work, a microfluidic system for the generation, visualization, and 
characterization of pressure-driven micro/nanofluidic jets was developed. As a part of 
this system, microfabrication strategies for micro/nanonozzles capable of withstanding 
high pressures were designed. These included a lithographic approach for in-plane silicon 
micro/nanonozzles and a non-lithographic approach for glass-metal composite 
micro/nanonozzles. The smallest jet observed was a 900 nm propane jet issued from a 
glass-metal composite nanonozzle. Although, the feasibility of generating liquid nanojets 
emanating from nanonozzles under pressure was established using the developed system, 
contamination in the fluid and the microfluidic apparatus resulted in the obstruction of jet 
formation. It was concluded that it is very challenging to keep openings smaller than 10 
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µm free of contamination, and that such small pores respond adversely to the smallest 
variability in the system. 
 The pressure-driven microfluidic system was adopted for wet-spinning of 
collagen fibers for tissue engineering.  The dimensions of the fibers could be modulated 
either by varying the nozzle dimensions or by creating a virtual nozzle using 
hydrodynamic forces in co-flowing collagen and coagulant WSB solutions. The smallest 
fiber was achieved using a 10 µm nozzle and had a cross-section of 2 µm × 400 nm. At 
sheath (WSB) flow rates smaller than 3 ml/min, the hydrodynamic focusing approach 
could generate crimped collagen fibers believed to be formed by folding instabilities 
observed in such a configuration.  
Although following a standard extrusion-based approach for fiber production 
offered control over the fiber dimensions and geometries to a certain extent, it appeared 
challenging to precisely control the spatial layouts of the fiber networks in this fashion.  
This led to the development of a template-based approach for collagen micro/nanofiber 
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A TEMPLATE-BASED APPROACH FOR SPATIALLY-DESIGNED 




Cardiovascular diseases such as coronary artery disease and peripheral vascular 
disease are a major cause of death in the United States. The treatment for these diseases 
often involves surgically implanting a vascular bypass graft to restore blood flow to the 
tissues insufficiently supplied by the affected artery. Currently, autologous vessels such 
as the saphenous vein, and synthetic grafts from materials such as expanded 
polytetrafluoroethylene (e-PTFE), and polyethylene terephthalate (PET) (also known as 
Dacron) are the most commonly utilized vascular bypass grafts [1]. The synthetic e-PTFE 
and Dacron grafts have shown significant results for medium (6-10 mm) to large (>10 
mm) diameter grafts, but have not proven successful in small diameter (<6 mm) 
applications on account of limited patency caused by thrombosis (blood clot formation). 
Most small diameter graft bypass surgeries utilize autologous tissues from the patients. 
While the native grafts function very well as substitutes, the availability of suitable 
vessels is severely limited. The search for an ideal small diameter graft has thus 
motivated significant research efforts towards engineered vascular tissues.  
Blood vessels in the human body are composed of three layers, namely, tunica 
adventitia, tunica media, and tunica intima [2]. The innermost layer, tunica intima, 
consists of a thin layer of connective tissue lined by a layer of endothelial cells. This 
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multifunctional layer of cells, also known as the endothelium, forms a non-thrombogenic 
surface between the vessel wall and the blood flow. Tunica media is composed of 
connective tissue, elastic fibers, and smooth muscle cells. Tunica adventitia is mainly 
composed of collagen and some elastin. Collagen and elastin function together and are 
responsible for the strength and the elasticity of the blood vessels respectively. 
Prosthetic vascular grafts are often unsuccessful in mimicking the native 
structural properties and suffer mechanical mismatch with the native tissues. Lack of 
conformance of the engineered tissue to the mechanical properties of the host tissue near 
the implant site creates differences in the strain at the anastomosis (connection between 
the vessel and the artificial graft), and can incite graft failure by a condition known as 
hyperplasia. This is caused by proliferation of smooth muscle cells towards the lumen 
resulting in blockage [3].  
Collagen-elastin fibrous composite materials make excellent candidates for the 
construction of tissue grafts with mechanical properties similar to that of the native 
tissues, as they integrate tensile strength with elasticity. They also most accurately 
represent the in vivo tissue structure. Mechanical properties of such composite tissues can 
be controlled by alterations in the relative proportions of the two structural components. 
Electrospun aqueous mixtures of collagen and elastin, or blends of collagen and elastin 
with other polymers such as polydioxanone and PLGA have been investigated previously 
[4-7]. However, the collagen structures obtained in this fashion were often observed to 
lack D-periodic banding and displayed collagen degradation into gelatin. Also, only a 
certain degree of fiber orientation could be achieved with this approach.  
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Recently, Caves et al. demonstrated the production of fiber reinforced composites 
(FRCs) using wet-spun collagen fibers with native morphology, embedded in an elastin-
mimetic protein polymer [8]. FRCs are materials composed of a distributed phase in the 
form of fibers and a continuous phase in the form of a matrix material, as shown in 
Figure 3.1. The fibers are responsible for bearing the loads experienced by the materials, 
and the matrix is responsible for securing the fibers together and transferring the loads 
between them. The constituents of the FRCs function in a synergistic fashion such that 
the mechanical performance of the FRCs is superior to the constituents acting 
independently. The composite mechanical behavior is governed by various factors. In 
addition to the properties and dimensions of the constituent materials, these include the 
distribution, layout, and volume fraction of the fibers. Caves et al. demonstrated that the 
mechanical properties of the collagen-elastin FRC materials could be modulated by 
varying fiber orientations and volume fractions.   
 
Figure 3.1. Schematic of a unidirectional FRC material. 
 
Furthering the efforts of Caves et al., we aimed to apply MEMS processing 
technology for the fabrication of collagen micro/nanofibers and collagen FRCs in an 
elastin matrix. Applying MEMS processing technology allowed for precise construction 
of the engineered scaffold enabling mimicry of the laminated 3D architecture of the 
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native tissues. Micromolding could be used to define the spatial organization of the fiber 
networks offering control over the fiber alignment and a high packing density. The use of 
MEMS fabrication processes to sculpt and demold the fibers could produce fibers on 
dimensional scales relevant to the native tissue physiology and with controllable in-plane 
and out-of-plane geometries.   
 
3.2 Fabrication development 
The collagen-elastin FRCs were fabricated using the principle of microtransfer 
molding, a process used to fabricate 3D free-standing polymer negative replicas of a 
template [9].   
3.2.1 Materials 
The fabricated MEMS-based FRC tissue scaffolds consisted of collagen type I 
fibers and elastin-mimetic protein matrix, as described in Chapter 1. Collagen type I was 
extracted from rat tail tendons and processed in its acid-solubilized form in 10 mM HCl. 
The elastin-mimetic protein polymer was synthesized using principles of genetic 
engineering applied to a bacterial culture of E. coli. This material displayed a distinctive 
temperature dependent solubility in water. It solubilized in water at 4 ºC, and underwent 
gelation at room temperature. 
3.2.2 Fabrication considerations 
Two important considerations for the fabrication development for protein 
scaffolds were biocompatibility and preservation of the chemical structure of the proteins.  
It was necessary to ensure that the fabrication process was gentle and biofriendly 
and did not introduce any toxic or contaminant residue in the scaffold. For example, 
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photolithography can leave behind residues of photoresists, known to induce toxic effects 
to internal organs, making it an unsuitable patterning approach for collagen. 
Proteins undergo degradation when subjected to an external physical or chemical 
stress such as high temperature, an unfavorable pH or an organic solvent (such as alcohol 
and chloroform). Proteins degrade by either hydrolysis or denaturation. Hydrolysis breaks 
the peptide bonds in proteins by addition of a water molecule by resulting in a carboxylic 
acid and an amine. Denaturation causes the unfolding of the protein's secondary, tertiary 
or quaternary structure. 
Reconstituted collagen is a particularly suitable biomaterial for tissue engineering 
primarily because of the recovery of its native chemical structure in in vitro preparations. 
As discussed earlier, collagen molecules are composed of three polypeptide strands, 
arranged into a triple helical structure stabilized by hydrogen bonds. The molecules 
connect in a periodic fashion to compose fibrils. This native structure can be lost when 
collagen is subjected to certain conditions such as heat and chemicals leading to its 
degradation. A typical product of degradation of collagen is gelatin and is marked by loss 
of conformation and disruption of the crystalline triple helical structure of collagen. 
Electrospinning of collagen is typically performed with collagen solubilized in organic 
solvents such as 1,1,1,3,3,3-hexafluoro-2-propanol (HFP). It has been reported that using 
such fluoroalcohols causes an irreversible gelatinization of collagen [10]. Thermal 
denaturation of collagen has been studied extensively and evaluated using methods such 
as second harmonic generation (SHG) [11] and differential scanning calorimetry (DSC) 
[12].  Denatuartion temperatures for collagen depend on various factors, such as the 
preparation methods, the pH, and the incubation temperatures [11-14]. Mammalian 
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collagens begin to denature at 40 °C and the denaturation temperatures can be as high as 
100 °C when crosslinked [14]. Concentrated mineral acids such as HCl and sulfuric acid 
(H2SO4) also cause a chemical degradation of collagen resulting in a loss of chemical 
structure as seen in thermal degradation. These considerations precluded the use of high 
temperatures, organic solvents, and concentrated acids during the processing steps. 
Another mechanism that leads to collagen degradation is called proteolysis. It 
results from contamination of collagen by bacteria, yeast or mold [15]. These microbes 
secrete collagenase enzymes that break down the collagen. This could be avoided by 
keeping collagen in a contamination free and sterile environment during processing and 
also storing it in cold temperatures (4-8 °C).  
Ultraviolet (UV) irradiation can lead to a slow, progressive breakdown of the 
collagen molecule to eventually lose the helical organization when processed in the dry 
state [14, 16]. This process is very slow as compared to thermal and enzymatic 
denaturation of collagen.  
All the described degradation characteristics change when the collagen is 
crosslinked with gluteraldehyde. The denaturation temperature is increased to almost 100 
°C and reduces the susceptibility of collagen to enzymatic denaturation. 
 
3.2.3 Fabrication of collagen fiber networks  
The collagen fiber networks were fabricated in three phases as described below:  
3.2.3.1 Template preparation 
































Figure 3.2. Fabrication process flow for the silicon templates. 
  
Silicon template fabrication 
Templates with the designed fiber network layouts were fabricated on (100) 
silicon wafers. Trenches with the required layout were defined photolithographically 
using positive photoresist SC 1827 (Shipley, Marlborough, MA), and etched into the 
silicon wafer using ICP etching. Finally, the photoresist was removed using acetone and 
















Figure 3.3. A silicon template for the fabrication of straight fibers (scale bar = 50 µm). 
 
Adhesion promoter application and parylene coating 
Molding of collagen on a bare silicon template revealed that the collagen film 
adhered to the silicon very strongly, posing a challenge during its separation from the 
mold. To facilitate subsequent fiber release, parylene was investigated as a potential 
release layer between the silicon template and the collagen film. Collagen solution 
contact angle measurements were performed to assess the wettability of parylene and 
silicon substrates, as shown in Figure 3.4. The contact angles were observed to be 95° 
and 53° for parylene and silicon respectively, rendering parylene a more suitable material 
as a collagen molding release layer. The silicon templates were coated with a thin (600-
800 nm) layer of parylene film using a parylene deposition system (Specialty Coating 
Systems Inc., Indianapolis, IN). Prior to the parylene deposition, the silicon templates 
were treated with an adhesion promotion agent (A-174 Silane, 3-(Trimethoxysilyl) propyl 
methacrylate, Aldrich) to prevent delamination of the parylene film during fiber 
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demolding steps. This was achieved by dip-coating a 0.5% solution of A-174 Silane in 
isopropyl alcohol (IPA) and water on the silicon templates.  
 
   
 
Figure 3.4. Contact angle measurement for studying wettabilty of silicon and parylene 
with acid-soluble collagen. 
 
3.2.3.2 Collagen micromolding and self-assembly 
The process flow for collagen micromolding is illustrated in Figure 3.5. 
Solvent casting of collagen 
Solvent casting of collagen films required certain template design and processing 
considerations to ensure conformal coating of the collagen layer on the silicon template. 
As a result of surface tension effects, a polymer webbing effect was often observed for 
certain silicon template geometries and conditions of solvent casting (Figure 3.6). This 
effect was most commonly observed in templates with a spacing width (s) greater than 
the trench width (w), or with a high depth-to-width (d/w) aspect ratio (>1). It was also 
observed when the solvent casting process was performed under atmospheric conditions. 
Given these factors, all the silicon templates were designed to have a spacing width 
smaller than the trench width (s < w), and a depth-to-width aspect ratio of unity or less 
Parylene 








(d/w ≤ 1). Also, the solvent casting process was performed under vacuum conditions 
(27.5 inHg below atmospheric pressure). 
The fabricated silicon templates were cleaved into 3 cm × 4 cm chips. Each chip 
was positioned in a polypropylene container (6 cm × 3.8 cm × 2.5 cm). The desired 
volume and concentration of solubilized collagen (in 10 mM HCl) was released on the 
template and degassed in vacuum. This was followed by solvent casting (in vacuum) to 












































Figure 3.6. Polymer webbing caused by surface tension effects, a) in atmospheric 
pressure conditions, and b) for silicon templates with width of the spacing greater than 





s =20 µm 









Figure 3.7. A solvent cast conformal collagen film on a silicon template (scale bar = 25 
µm). 
 
Collagen fibril self-assembly 
The collagen film was coated with a monomeric acid-solubilized solution. The 
self-assembly of collagen molecules into fibrils could be initiated under physiological 
conditions of neutral pH and 37 ºC temperature. This was realized by treating the solvent 
cast collagen film with an alkaline mixture of WSB solution and 0.1 mM sodium 
hydroxide (NaOH) (WSB + NaOH, pH=11) for 10 hours at 37 ºC for neutralizing the 
monomeric collagen.  
Crosslinking 
The self-assembled collagen film was crosslinked in vapor phase glutaraldehyde 
(0.5 wt% glutaric acid dialdehyde in 1× PBS). A dessicator jar was saturated with 
glutaraldehyde. The templates to be treated were placed in the jar for 12 hours. The cross-







3.2.3.3 Collagen fiber individualization and extrication 
The process flow for collagen fiber individualization and extrication is illustrated 
in Figure 3.8. 
Casting the first layer of Polyvinylpyrrolidone (PVP)  
A thin layer of a water soluble polymer, PVP (1,300,000 MW, 10 mg/ml in water, 
10 µm thickness), was solvent cast on the template, as shown in Figure 3.9a. This step 
served a two-fold purpose. The polymer filled up the trenches, selectively masking the 
collagen film inside the trenches and acting as a protectant for the area of interest of the 
collagen film during the fiber individualization steps. Also, this layer provided rigidity to 
the material being etched, preventing the delamination of the collagen film. High 
molecular weight PVP was deemed a suitable material for this process on account of its 
biocompatibility [17-18] and uniformity of the formed film.  
Fiber individualization 
A combination of dry mechanical polishing and oxygen plasma RIE was utilized 
to etch PVP and collagen from the upper portion of the template, consequently forming 
individualized collagen micro/nanofibers in the trenches, as shown in Figure 3.9b.  
Fiber network extrication 
For extrication of the fiber network from the trenches, a second layer of PVP 
(1,300,000 MW, 22 mg/ml, 50 µm thickness) was cast on the templates holding the 
individualized fibers. This layer of PVP fused with the first layer of PVP (now 
individualized into fibers). A water soluble tape (1stmaskingtape inc., Torrance, CA) was 
adhered to the second layer of PVP and peeled off, extricating the collagen fiber network 
from the trenches. The water soluble tape was biodegradable and comprised of a water 
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soluble adhesive with a PVA backing. The final structure obtained from this step was a 





























Figure 3.8. Fabrication process flow for collagen fiber individualization and extrication. 
 
Previous attempts for fiber extrication included casting an elastin film on the 
template for direct encapsulation of the fibers and demolding of the fibers using the water 
soluble tape. Both of these approaches failed to produce adequate repeatability and 
uniformity of transfer. The reason for this may have been uneven adhesion of the fibers to 
elastin and the tape. Using a second layer of PVP, prior to applying the water soluble 
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Figure 3.9. SEM images illustrating, a) different polymer layers after casting the first 
layer of PVP, b) Individualized collagen-PVP fibers after mechanical polishing and RIE, 
c) an aligned fiber network arranged on a water soluble film, and d) free suspended fibers 
(scale bars = 50 µm). 
 
 
3.2.4 Fiber dimensions and shapes 
The fiber dimensions and shapes could be controlled by the template design and 
the collagen solution properties. The width and length of the fibers were determined by 
the template design. The wall thickness of the fibers was a function of the concentration 
and volume of the collagen solution used for a given surface area.  
The solvent cast film thickness could be roughly estimated by Equation 3.1. 
Td = Tw   M = 
V
S
















Td = Thickness of dry cast film 
Tw = Thickness of wet film 
M = % of solid collagen in the solution 
V = Volume of collagen solution used 
S = Effective surface area of the template used for   solvent casting 
C = Concentration of collagen solution used 
ρ = Density of collagen 
The expected film thickness was estimated by assuming the density of collagen to 
be 1 gm/cc and estimating an effective surface area used for solvent casting (taking into 
account the template ridges). Figure 3.10 illustrates the predicted and measured fiber 
thicknesses varying with the concentration and volume of the collagen solution, 
respectively. The measured values follow the same trend as the estimated values. The 
noted difference between them may have resulted from losses caused by the seepage of 
polymer solution to the bottom of the die, hence increasing the effective surface area. 
This method was used to fabricate fibers with widths spanning from 2 µm (length = 2 
cm) (Figure 3.11) to 50 µm (length = 4 cm), and wall thicknesses varying from 300 nm to 
3 µm. The minimum fiber width attained was constrained by the limits of the 
photolithography process. 
By regulating the depth of the template and the collagen solution properties used, 
hollow or solid fibers could be obtained. Solid ribbon-like fibers were fabricated by using 
a greater amount of collagen material with either a higher concentration or a larger 
volume of the collagen solution, cast on a template with shallow trenches (<6 μm). A thin 
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conformal collagen film coating the templates with deeper trenches yielded hollow fibers. 
Figure 3.12 illustrates a rectangular cross-section hollow fiber fabricated using a 20 μm 
deep template with 3 ml of 1.5 mg/ml concentration collagen, and a ribbon-like solid 





Figure 3.10. Variation of the fiber wall thickness as a function of: a) collagen solution 
concentration for a fixed volume of 4 ml, and b) volume of the collagen solution for a 































































   
 
 





Figure 3.12. SEM images of, a) a hollow collagen fiber, and b) a ribbon-like solid 
collagen fiber (scale bars = 20 µm). 
  
 
3.2.5 Spatial layouts of the fiber networks 
Various spatial layouts of fiber networks were explored using appropriate silicon 
template designs with the desired geometries in the horizontal and vertical planes.  
Unidirectional straight fiber networks 
Straight fiber networks were fabricated using straight trenches built into the 
silicon substrates. These fibers were used for manufacturing unidirectional FRCs (Figure 




and KOH etching to sharpen the teeth of the trenches. This step helped reduce polymer 
webbing resulting from surface tension effects for higher aspect ratio (>1) trenches. 
 
 
   
 
 
Figure 3.13. SEM images of, a) a straight trench silicon template, and b) unidirectional 
straight fibers (scale bars = 50 µm). 
 
In-plane and out-of-plane crimped fibers 
A certain amount of slack in the load bearing fibers held in a matrix material 
increases the deflection range of the resultant composite material. As described in chapter 
2, several soft tissues are composed of such crimped collagen fibers and display a strain 
dependent elasticity. Caves et al. reported an elastomeric deformable crimping tool for 
introducing undulations in wet-spun collagen fibers [19]. They demonstrated a non-linear 
elastic behavior displayed by collagen-elastin composites with such crimped collagen 
fibers, such that the material transitioned from a low elastic modulus to a high elastic 
modulus as the fibers uncrimped with the application of strain. In the current study, a 
hydrodynamic focusing approach for in situ crimping of wet-spun fibers was developed, 
as described in chapter 2. While the crimping strategies for wet-spun fibers provided 
means for altering the geometry of each fiber, precise control over the fiber dimensions, 




The current template-based approach was utilized to develop similar crimped 
geometries and characteristics, but with miniaturized fibers. A finer control over the fiber 
dimensions, densities, and layouts could be obtained, and the structure of the crimps 
could be easily adjusted to a designed transition strain. The designed transition strain was 
calculated as a ratio of a differential of the arc length and wavelength of the fiber crimp 
to the wavelength of the fiber crimp (Equation 3.2, Figure 3.14). 
    
     
 
 
           (3.2) 
Where, 
εd = Designed transition strain of the crimp 
L = Arc length of the crimp 









Figure 3.14. Designed transition strain. 
 
For in-plane undulated fibers, templates with serpentine trenches were used. The 







mechanical property imparted by the fibers to the FRC, as will be discussed later. Figure 
3.15 illustrates SEM images of a silicon template with serpentine trenches, and the 
corresponding individualized in-plane crimped collagen-PVP fibers on the template and 
on a tape. 
 






Figure 3.15. a) A serpentine trench silicon template, and in-plane serpentine collagen-
PVP fibers with a designed strain of 27%, b) in the silicon template, c) on tape (scale bars 
= 200 µm). 
 
The silicon templates for the fabrication of out-of-plane crimped fibers were 
constructed to have a multi-depth structure necessary for delineating the out-of-plane 





fabricate these templates. The process flow for the fabrication of silicon templates for 
out-of-plane crimped fibers is illustrated in Figure 3.16. The template was built on a 
(100) silicon wafer. A 1-µm thick SiO2 layer was thermally grown on the silicon wafer 
using wet-oxidation (2.5 hours, 1100 ºC). Photolithography and ICP etching of SiO2 were 
used to define straight patterns in the SiO2 layer. The spacing between the patterns 
equaled half the desired wavelength of the crimps. Another layer of photoresist SC1827 
was spin-coated on the patterned SiO2. Using photolithography, straight patterns 
reflecting the width of the subsequent fibers were aligned and defined perpendicular to 
the existing straight patterns in the SiO2 layer. ICP etching was utilized to etch silicon to 
obtain a depth equal to the differential of the total depth and the amplitude of undulations. 
The photoresist layer was then etched using acetone and RIE. ICP etching was carried out 
with the SiO2 pattern masks to obtain a depth defining the crimp amplitude. The SiO2 
layer was etched in HF acid. The silicon template was immersed in a KOH bath to etch 
the bridges between the structures for fiber fabrication and also to give a slanting profile 
to the sidewall of the silicon structure for the fibers.    
Having fabricated the silicon template, a collagen film was cast on the template 
by sequential spray coating rather than solvent casting. Spray coating prevented any 
collagen from depositing on the slant sidewalls, forming undulated fibers, pre-separated 
from one another (Figure 3.17). The fibers could then be transferred directly to a water 
soluble tape. 
Porous fibers 
Using templates with pillars in the trenches, porous fibers were fabricated (Figure 






                               
  
                      
 





Figure 3.16. Fabrication process flow for multi-depth silicon templates for out-of-plane 
crimped fibers. 
1. SiO2 patterning 
2. Photoresist patterning 
3. ICP etch step 1 
4. Photoresist removal and ICP 
etch step2 
5. KOH etching  
6. Collagen spray-coating 
7. Fiber extrication on 












Figure 3.17. a) A multi-depth silicon template for the fabrication of out-of-plane crimped 






Figure 3.18. a) A silicon template with pillars in the trenches, and b) porous collagen 
fibers on tape (scale bars = 50 µm). 
 
3.2.6 Collagen fibril self-assembly 
As discussed earlier, native collagen fibers display a fibrillar structure. Collagen 
molecules self-assemble to form collagen fibrils. The molecules are staggered from each 
other by 67 nm resulting in a signature striated appearance known as D-periodic banding. 





reported to be 67 nm. To initiate the formation of this native collagen structure in the 
acid-solubilized collagen in vitro, it is required to subject the collagen to physiological 
conditions of neutral pH environment at 37 ºC temperature.  Under these conditions the 
collagen molecules spontaneously self assemble to recreate the native collagen structure. 
The collagen film obtained from the template-based approach was coated from a 
monomeric acidic solution of collagen (in 10 mM HCl, 2 pH). It was required to optimize 
the conditions for the initiation of self-assembly of the monomeric precursors into fibrils 
for this process. The solvent-cast collagen film on the silicon template was treated with a 
neutralization solution (NS), an alkaline mixture of WSB and 0.1 mM sodium hydroxide 
(NaOH) (WSB + NaOH in a 2:1 ratio, pH=11) to trigger fibrilogenesis. These 
experiments were carried out at 37 ºC for 10 hours.  
The volumetric ratio of collagen solution and NS was varied to find the optimum 
conditions for collagen self-assembly and the results were examined using an atomic 
force microscope (AFM) imaging technique (Table 3.1). The ratio of collagen solution 
and NS required to obtain a pH of 7 was estimated to be 6:1 using a pH meter. The 
collagen fibril self-assembly experiments were initiated using this estimated ratio. The 
AFM images for this ratio indicated the formation of globular protrusions and the 
absence of collagen fibrils. Such formations have been reported in the literature for acidic 
pH (<5) collagen [20]. It was believed that there were losses resulting from the seepage 
of the alkaline mixture to the bottom of the template leading to a lower effective pH than 
estimated. To account for this, 0.4 ml excess alkaline solution was introduced. Fibril 
formation and D-periodic banding were observed for this volumetric ratio. Using 0.4 ml 
excess alkaline solution overcame the losses and provides a „neutral to basic‟ 
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environment necessary for the solubilized collagen molecules to self assemble. Finally, 
excess alkaline mixture was introduced to examine the effect of a highly alkaline 
environment on the fibril formation. It was observed that the width of the fibrils was 
reduced as compared to the previous case. Based on these experimental results, 0.4 ml of 
neutralizing alkaline solution was added in addition to the estimated volume to neutralize 
collagen in 10 mM HCl. The fibril formation was achieved in a neutral to basic pH and 
that the fibril width could be modified with the pH of the environment. The observed 
length of each D subunit was 65-72 nm and seemed to match well with native collagen 
[21]. These observations are illustrated in Figure 3.19 and Figure 3.20. 
 





(in 10 mM HCl) 
used for solvent 
casting, ml 
NS, ml 
Ratio of the volumes 
of the collagen 
solution NS  
Case 1 3.5 0.58 6:1 
Case 2 3.5 1 6:1 + 0.4ml NS 










Figure 3.19. AFM images of self-assembled collagen, observed for different volumetric 
ratios of collagen and NS, a) 6:1 (pH< 7), b) 6:1 + 0.4ml NS (pH~=7), and c) 1.4:1 
















Figure 3.20. An AFM image of a collagen fiber illustrating D-periodic banding. A 










3.2.7 Fabrication of laminated collagen-elastin FRCs  
The process flow for the fabrication of an FRC is illustrated in Figure 3.21. 
Elastin casting 
Elastin (50 mg/ml in water) was cast on the water soluble film holding the 
collagen fiber network. The processing was carried out at 4 °C using liqueous elastin.  
The elastin film was gelled at 37 °C for 1 hour followed by incubation in fiber incubation 










Figure 3.21. Fabrication process flow for elastin matrix casting on collagen fiber 
networks. 
 
Water soluble film dissolution 
The water soluble film was dissolved away in water at 37 °C, leaving behind 
fibers embedded in the elastin matrix. A single lamina of the fiber composite was 
designed to be approximately 100-µm thick in the hydrated state with the aid of plastic 








Elastin casting for collagen 
fiber embedding 
Water soluble film dissolution 




Quality control: Fiber staining and inspection 
The collagen fibers were stained using Van Gieson‟s, a stain used for differential 
staining of collagen. The composite materials were inspected using an optical 
microscope. This inspection indicated that during the elastin casting process, a number of 
fibers tended to lose their alignment with respect to each other causing entanglement, as 
shown in Figure 3.22. To prevent this, a second generation of fiber networks was 
designed to consist of bridges placed between the fibers at regular intervals (250-500 
µm). This was observed to prevent fiber entanglement and loss of alignment. Figure 3.23 
illustrates the collagen fiber network on a water soluble film, and stained collagen fibers 
in elastin fabricated with bridges for straight and serpentine fibers respectively. 
Occasional delamination of the fiber network from the elastin film was encountered 
(Figure 3.24). Such laminae with delaminated fiber networks were discarded and not used 












Figure 3.23. Collagen microfibers with bridges on a water soluble film: a) straight (scale 
bar = 100 µm), and b) serpentine (scale bar = 200 µm). Collagen-elastin FRC with 





Figure 3.24. A collagen fiber network delaminated from the elastin matrix. 





Lamination of composite material 
To augment the influence of the fibers on the mechanical behavior of the FRC 
materials, it was required to increase the fiber volume fraction within the matrix. This 
was achieved by a „stack, fuse and squeeze‟ approach, as shown in Figure 3.25. The 
required number of composite laminae were first aligned with each other under a 
microscope and layered. The layered materials were moved to a 4 °C atmosphere for 17 
hours to liquefy the elastin matrix. The elastin layers liquefied and fused with one 
another. It was observed that some amount of water was introduced in the material while 
stacking layers of hydrated composite materials.  This reduced the weight percent of 
elastin, significantly weakening the material. The weakening of the material was avoided 
by estimating the amount of water added by weighing samples before and after hydration, 
and evaporating the additional water in the cold room during the fusion process. This step 
approximately brought the material back to the original weight percent. The material was 
then gently pressed down using a glass slide to condense the film thickness to 100 µm, 
hence increasing the fiber volume fraction in the material (Figure 3.26).  
Crosslinking 
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Fuse FRC layers at 4 °C 
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Figure 3.26. Laminated collagen-elastin FRCs: a) a microscope image illustrating 
overlapping fiber networks, and b) a cross-sectional SEM image displaying collagen 

















3.3 Mechanical characterization results 
The FRC constituents, collagen fibers and elastin matrix, and the FRC tissue 
scaffolds were characterized for their mechanical properties in tension. The stress-strain 
relationship was derived by applying a tensile load (with a constant strain rate) to the 
material until failure. The hydrated material dimensions were considered for all these 
measurements.  
Three parameters were analyzed from the derived engineering stress-strain curves: 
1. Young‟s modulus of the material determined by the slope of the stress-strain 
curve in the elastic regime 
2. Ultimate tensile strength or the maximum stress experienced by the material in 
tension 
3. Failure strain of the material 
 
3.3.1 Single fiber 
3.3.1.1 Sample preparation 
Straight fibers without bridges connecting them were employed for the 
mechanical characterization of individual collagen fibers. Fibers with a cross sectional 
dimension of 100 µm × 2 µm were utilized for these experiments, for ease of handling. 
Since fibers of all dimensions were carved out of the bulk material, it was expected that 
they would have similar mechanical properties. Single collagen fibers were isolated by 
dissolving the water soluble film holding them. These fibers were soaked in water for 12 
hours to ensure complete dissolution of the water soluble film. The fibers were then 
manually separated under the microscope, and each fiber specimen was mounted on a C-
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shaped plastic frame for mechanical support and handling, as shown in Figure 3.27. The 
ends of the fibers were glued to the top and the bottom horizontal sections of the frame, 
such that the length of the suspended fiber was 8 mm. The horizontal portions of the 
plastic frame were clamped to the grips of the sample mount on the DMA equipment 
(Rheometeric Inc.). Prior to application of the load, the vertical portion of the frame was 
cut to transfer the entire applied tensile load to the fiber. For obtaining properties of 
hydrated fibers, the sample mount was immersed into a PBS solution bath maintained at 
37 ºC for the duration of the applied load. The dimensions of the fibers in the hydrated 
state were measured microscopically, and input to the DMA tool for the derivation of the 
stress-strain curves. A longitudinal loading strain rate of 0.64 % per second was applied 
to each fiber until failure. The stress-strain curves were derived by the DMA tool by 
measuring the force experienced by the fiber for each unit strain, and calculating the 
engineering stresses utilizing the input hydrated cross-sectional area of the fiber.   
3.3.1.2 Observations 
For all the parameters, the average and standard deviation were calculated from 
10 measurements. The wet-spun collagen fibers exhibited a Young‟s modulus of 126 ± 
61 MPa. The fibers fractured while still in the elastic regime and displayed a low failure 
strain of 5.4 ± 2.2 %. The ultimate tensile strength of the fibers was observed to be 7 ± 








               
 
 




Figure 3.27. Sample preparation for mechanical characterization of a single collagen 
microfiber. 
 
Table 3.3 lists the the mechanical properties of fibers obtained by the wet-
spinning method in the current research, native collagen fibers, and engineered fibers as 
studied by other groups. As compared with the fibers fabricated by the wet-spinning 
method, the Young‟s modulus and strength of the template-based fibers were observed to 
be approximately 4-fold and 6-fold smaller respectively. There could be two possible 
Individual collagen 






Plastic mount secured 




explanations for this. The flow-based approaches result in the alignment of collagen 
fibrils in the longitudinal direction of the fibers resulting from the hydrodynamic forces 
of the sheath fluid [22]. While the template-based method yields excellent alignment of 
the fibers, the fibrils within them primarily display a random orientation, as observed by 
AFM imaging. The alignment of the fibrils in the direction of the applied loads results in 
a higher load-bearing capacity in the resultant extruded fibers. Also, fibers obtained by 
spinning-based methods exhibit a higher strength as compared to their bulk material 
counterpart owing to the smaller imperfections observed in a smaller cross-section 
materials [23]. Since the template-based material provides fibers that are carved out of a 




Figure 3.28. A representative stress-strain curve for single collagen fibers fabricated by 




























Table 3.2. Mechanical characterization of single collagen fibers fabricated by the 
template-based method. 
 




Failure strain (%) 
Single fiber fabricated 
by the template-based 
method 
126 ± 61 (n=10) 7 ± 3.2 (n =10) 5.4 ± 2.2 (n =10) 
 
 
Table 3.3. Mechanical properties of hydrodynamically focused wet-spun fibers, native 
collagen fibers and engineered collagen fibers. 
 










focused fiber (current 
study) 
490 ± 50 (n=4) 40 ± 4.6 (n=4) 8.3 ± 1 (n=4)  
Native collagen fibers 1000 50-100 10 [24] 
Electrospun collagen 
type I fibers 
2820 25 33 [25] 
Wet-spun collagen 
type I fibers 
(processing methods 
vary for different 
reports) 
58-895 24-91 7-18 [26-29] 
 
3.3.2 Elastin film 
3.3.2.1 Sample preparation  
Elastin solubilized in water (50 mg/ml) was cast into 100-µm thick elastin films 
on a glass substrate. The films were cut into 14 mm × 3 mm specimens in preparation for 
the mechanical characterization tests. The specimen to be tested was directly clamped to 
138 
 
the grips of the sample mount on the DMA equipment (Rheometeric Inc.) such that the 
suspended length of the specimen was 8 mm. For obtaining properties of hydrated fibers, 
the sample mount was immersed into a PBS solution bath maintained at 37 ºC for the 
duration of the applied load. The dimensions of the elastin specimens in the hydrated 
state were measured microscopically, and input to the DMA tool for the derivation of the 
stress-strain curves. A longitudinal loading strain rate of 0.64 % per second was applied 
to each specimen until failure. The stress-strain curves were derived by the DMA tool by 
measuring the force experienced by the specimen for each unit strain, and calculating the 
engineering stresses utilizing the input hydrated cross-sectional area of the fiber.  The 
non-uniformities in the elastin film were not considered in these measurements. 
3.3.2.2 Observations 
For all the parameters, the average and standard deviation were calculated from 4 
measurements. Elastin exhibited low stiffness and strength. The collagen fibers were 
observed to be 50-100 times stiffer than the elastin films.  Elastin films were highly 
extensible and went through a considerable amount of deformation (strain 190 ± 65 %) 







Figure 3.29. A representative stress-strain curve for an elastin film. 
 
 
Table 3.4. Mechanical characterization of the elastin matrix. 
 
Sample  Young’s modulus 
(MPa)  
Ultimate tensile 
strength (MPa)  
Failure strain (%)  
Elastin matrix  
(5 wt %) 
0.25 ± 0.21 (n=4) 0.19 ± 0.05 (n=4) 190 ± 65 (n=4) 
 
 
3.3.3 Straight fiber reinforced composites 
3.3.3.1 FRC theory 
The unidirectional FRC laminates with collagen fibers embedded in elastin matrix 
were tested in tension to study their property changes as a result of the combination of the 
constituents. In theory, the fibers and matrix in a fiber reinforced composite work 
synergistically to exhibit a property superior to the constituent properties, and the 



















known as the „fiber volume fraction‟(FVF). It is defined as the volume percentage of the 
fibers over the total volume of the material (Equation 3.3).  
    
  
     
 
           (3.3) 
Where,  
Vf =  FVF 
vf =  volume of the fibers 
vm =  volume of the matrix 
Increasing the FVF enhances the strength and stiffness of the material owing to an 
increase in the load bearing components. In fact, the stiffness of the material in the 
direction of the fiber alignment can be estimated by a sum of fractions of the individual 
component properties. This theory is known as the „rule of mixtures‟ and is expressed by 
Equation 3.4 [30]. 
                              (3.4) 
Where, 
Ec =  Young‟s modulus of the FRC 
Ef =  Young‟s modulus of the fibers 
Vf =  FVF 
Em =  Young‟s modulus of the matrix 
Vm =  matrix volume fraction 
3.3.3.2 Sample preparation 
For the ease of fabrication and handling, 20-µm wide fiber networks with bridges 
were used for preparing composite laminates for the mechanical characterization 
experiments. The composite material was imaged using a microscope for the inspection 
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of the fiber alignment. Each laminate was cut into specimens of dimension 14 mm × 3 
mm for DMA measurements. The length of the specimen under test was oriented in the 
direction of the fiber alignment for the measurement of the longitudinal properties, and 
the length of the specimen under test was oriented in the direction perpendicular to the 
fiber alignment for the measurement of the transverse properties. The thickness of each 
specimen was approximately 100 µm in the hydrated state. Composites with a FVF of 1, 
4, 8, and 10 % were tested in tension. The specimen to be tested was directly clamped to 
the grips of the sample mount on the DMA equipment (Rheometeric Inc.) such that the 
suspended length of the specimen was 8 mm (Figure 3.30). For obtaining properties of 
hydrated fibers, the sample mount was immersed into a PBS solution bath maintained at 
37 ºC for the duration of the applied load. A longitudinal loading strain rate of 0.64 % per 
second was applied to each specimen until failure. The loads applied to the longitudinal 
direction (aligned with the fiber direction) and the transverse direction (aligned 
perpendicular to the fiber direction) for prescribed strains were recorded to examine the 
orthotropic nature of the materials. The stress-strain curves were derived by the DMA 
tool by measuring the force experienced by the specimen for each unit strain, and 
calculating the engineering stresses utilizing the input hydrated cross-sectional area of the 







Figure 3.30. Sample preparation for mechanical characterization of an FRC. 
 
3.3.3.3 Observations 
The characterization revealed that the material exhibited the expected trend of 
stiffening in the longitudinal direction as compared to the transverse direction, 
demonstrating the orthotropic nature of the unidirectional FRCs. Figure 3.31 and Table 
3.5 compare stress-strain relationships for FRCs with FVFs of 1, 4, 8, 10 % and an elastin 
film. In the longitudinal direction, the stiffness and the strength of the material were 
observed to increase with the FVF. Figure 3.32 illustrates the comparison of the 
measured moduli of stiffness for the FRCs and moduli of stiffness estimated using the 







estimated curves may have resulted from an error in the FVF estimation. The failure 
strains were typically observed to decrease with the increasing concentrations of the 
fibers. But this was variable depending on the non-uniformities and imperfections present 
in the film. In the transverse direction, the FRC mechanical properties resembled that of 
the matrix material, elastin. 
 
Table 3.5. Summary of mechanical characterization of the constituents and unidirectional 
straight fiber FRC laminates. 
 







Single fiber 126 ± 61 7 ± 3.2 5.4 ± 2.2   n=10 
Elastin matrix 0.25 ± 0.21 0.19 ± 0.05  190 ± 65  n=4 
FRC 1% 
longitudinal 
0.95 ± 0.35 0.22 ± 0.08 56.5 ± 12 n=3 
FRC 1% 
transverse 
0.31±0.04 0.17±0.03 81±12 n=2 
FRC 4% 
longitudinal 
3.1 ± 0.42 0.51 ± 0.08 42 ± 4.2 n=4 
FRC  4% 
transverse 
0.43±0.1 0.23±0.07 94±13 n=3 
FRC  8% 
longitudinal 
7.7 ± 1.9 0.87 ± 0.2 23 ± 4.7 n=4 
FRC 8% 
transverse 
1.4 ± 0.14 0.27 ± 0.04 103 ± 8.4 n=3 
FRC 10% 
longitudinal 
10.4 ± 0.5 0.87 ± 0.5 22 ± 2.8 n=2 
FRC 10% 
Transverse 









Figure 3.31. Mechanical characterization results for unidirectional straight fiber FRCs 






























































3.3.4 Crimped fiber composite 
3.3.4.1 Sample preparation 
For the ease of fabrication and handling, 25-µm wide in-plane crimped fiber 
networks with bridges were employed for constructing composite laminates for 
mechanical testing. These in-plane crimped fibers were fabricated to have a designed 
transition strain (Equation 3.2) of 27.4 %. The FVF for the tested FRCs was 4 %. The 
FRC material was imaged using a microscope for the inspection of fiber alignment. Each 
laminate was cut into specimens of dimension 14 mm × 3 mm for DMA measurements, 
with the length of the sample spanning in the direction of the fiber alignment. The 
thickness of each specimen was approximately 100 µm. 
The specimen to be tested was directly clamped to the grips of the sample mount 
on the DMA equipment (Rheometeric Inc.) such that the suspended length of the 
specimen was 8 mm. For obtaining properties of hydrated fibers, the sample mount was 
immersed into a PBS solution bath maintained at 37 ºC for the duration of the applied 
load. A longitudinal loading strain rate of 0.64 % per second was applied to each 
specimen until failure. The load was applied to the longitudinal direction (aligned with 
the fiber direction) to examine the strain-dependent stiffness property of the materials. 
The non-uniformities in the composite films were not considered in these measurements. 
3.3.4.2 Observations 
A strain dependent stress-strain curve was predicted for the crimped FRCs. It was 
expected that at low strains, with the fibers still in a crimped state, the material would 
display a low modulus of elasticity dominated by the elastin material, slightly augmented 
by bending of the collagen fibers. At higher strains, as the fibers start to straighten, the 
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material would switch to a high modulus of elasticity characteristic of the fiber stiffness. 
This transition from a low modulus regime to a high modulus regime was exhibited by 
the in-plane crimped FRC materials, as dictated by the designed transition strain (Figure 
3.33). For a designed strain of 27.4 %, the measured transition appeared to occur between 
15-20 %. For a FVF of 4%, the Young‟s modulus of the material was observed to 
transition from 0.7 ± 0.14 MPa to 3.15 ± 0.49 MPa forming a toe-region as seen in native 
soft tissues.  It was observed that the modulus of the crimped fiber FRCs in the low strain 
region (<10%) was comparable to, but slightly higher than, the modulus of elastin matrix 
(0.25 ± 0.21 MPa), as expected. At higher strains (>20 %), the modulus of this material 













































Figure 3.33. Mechanical characterization results for in-plane crimped fiber unidirectional 

































A microtransfer-molding-based methodology was established for the fabrication 
of spatially-designed collagen micro/nanofiber networks and collagen-elastin FRCs. The 
fabrication approach could produce fibers with a defined distribution and adjustable 
dimensions. Collagen micro/nanofibers with native morphology could be reproduced 
from acid-solubilized collagen making these scaffolds suitable for in vivo studies. The 
collagen fiber networks were encapsulated in elastin matrices to form FRC tissue 
scaffolds. The spatial layout of the fibers could be designed to create FRCs with 
anisotropic mechanical characteristics. Unidirectional straight fiber composites were 
tested in tension in the longitudinal and transverse directions with respect to the fiber 
network alignment to demonstrate their orthotropic nature. Increasing the FVF in these 
FRCs enhanced the contribution of the fibers to the elastic behavior resulting in stiffer 
materials. Finally, dual-elasticity materials with a strain-dependent stiffness were 
developed using in-plane crimped collagen fibers embedded in an elastin matrix resulting 
in non-linear mechanical characteristics as observed in native soft tissues. It was 
successfully demonstrated that controlling the microstructure of the tissue influences its 
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The circulatory system in the human body consists of three kinds of 
interconnected blood vessels: arteries, veins, and capillaries, as shown in Figure 4.1. This 
vascular system is responsible for the transportation of blood within the body and the 
exchange of oxygen, carbon dioxide, nutrients, and waste materials between blood and 
various tissues. Blood vessels in the human body display a wide range of dimensional 
scales. The largest artery (aorta) measures 2.5-3 cm in diameter; whereas the capillaries 
are only 8-10 µm in diameter [1]. 
 
Figure 4.1. Blood vessels and their interconnections [2]. 
 
A substantial effort has been dedicated towards the development of vascularized 
tissues in vitro to ensure the nourishment and viability of engineered living tissues. 
Arteriole Venule 




Although various approaches have been investigated for individual vascular grafts with 
diameters 1 mm and above, the development of in vitro models for microcapillary 
networks has advanced substantially since the advent of MEMS technology. 
Micromachining strategies have allowed for the construction of microchannel fluidic 
devices with complex shapes necessary for developing a functional cell-seeded „living‟ 
microvasculature network. Micromolding is the most commonly used fabrication 
approach for microvascular networks and has been applied for the fabrication of both 2D 
and 3D structures. A wide range of materials have been utilized for this application. On 
account of its high permeability, biocompatibility, and elastomeric nature, PDMS has 
been used for fabricating microvasculature by various groups, including Borenstein et al., 
who reported the first microfabricated capillary network in 2002 [3-6]. PDMS 
microvascular networks incorporating bifurcations, different size scales, and optimized 
fluidic transport conditions have been reported. The micromolding fabrication approach 
for microcapillary networks has been extended to biodegradable polymers such as PLGA 
[7], PCL [8], and polyglycerol sebacate (PGS) [9]. Molded microcapillaries with circular 
cross-sections have been developed to mimic the geometry of blood vessels and prevent 
the problems associated with cell seeding of sharp corners of rectangular channels. 
Master molds for this purpose have been fabricated using electroplating [10] and 
isotropic xenon difluoride etching of silicon [11].   
The current research adopted the aforementioned micromolding methodology for 
the fabrication of two different microvascular structures and focused on the incorporation 
of cells in these networks using a fluidic self-assembly process. Two types of cells, islet 
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cells and endothelial cells, were explored for the emulation of specific tissue and organ 
functionalities, as described below: 
Islet cells 
The islets of Langerhans are cell clusters constituting the endocrine part of the 
pancreas. These cells secrete insulin, a hormone responsible for the regulation of the 
blood glucose level. A body‟s inability to produce sufficient insulin results in the 
condition known as Type 1 diabetes. Normally, when blood glucose rises above the basal 
level, the islet cells respond by secreting insulin. This causes the blood glucose to be 
taken up by various cells and stored as glycogen in the liver and muscles. In the diabetic 
case, the insulin-producing cells undergo autoimmune destruction resulting in 
hyperglycemia or high blood glucose. The typical treatment for diabetes involves the 
administration of hypoglycemic drugs or daily insulin injections, depending on the 
severity of the disease in the patient. These remedies imply a lifetime dependence on 
medication and do not provide realtime blood-glucose regulation as is performed by the 
pancreas. This has motivated extensive research in an alternative therapy involving 
extravascular or intravascular islet-cell-based bioartificial pancreas constructs. The first 
cell-based construct in this dissertation comprised a collagen microvascular bioreactor 
with localized immobilization of islet cells for potential bioartificial pancreatic device 
applications.  
Endothelial cells 
The innermost layer of the lumen of a native blood vessel is composed of a 
monolayer of multifunctional endothelial cells. This endothelium layer provides a smooth 
surface for the blood to flow over. The blood contains cell fragments known as platelets, 
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which play a fundamental role in blood clot formation or thrombosis. Any damage to the 
endothelium lining exposes the sub-endothelial membrane with proteins and other factors 
that trigger platelet activation and thrombosis. Owing to the lack of such an endothelium 
layer, intravascular small-bore constructs often exhibit poor long term patency as a result 
of thrombosis.  The necessity for a nonthrombogenic surface in these vascular grafts has 
resulted in the examination of in vitro seeding of endothelial cells on the luminal surface 
of the grafts. Reports have demonstrated that endothelialized vascular grafts display a 
higher patency rate and a smaller thrombotic response as compared to non-seeded grafts 
[12]. The second construct in this dissertation comprised a deformable, reentrant PDMS 
microvascular scaffold allowing for a more uniform endothelial cell seeding of high 
length-to-depth aspect ratio microvasculature. 
 The microvascular constructs with incorporated islet cells and endothelial cells 
are discussed in the following sections. 
 
4.2 Localized immobilization of islet cells in microvascular scaffolds 
As discussed in chapter 1, a large number of extravascular and intravascular 
devices have been investigated for bioartificial organ applications. Although both classes 
of devices have shown success, they face some implementation challenges. Extravascular 
constructs typically suffer from limited cell viability resulting from a lack of contact with 
the blood stream. Most intravascular devices tend to be larger than their microscale 
bioreactor counterparts. Such devices also face potential cell aggregation resulting in 
issues with the mass transport of oxygen and nutrients to the cells.  
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The current research focused on the development of a MEMS-based 
microvascular tissue network hosting and nourishing islet cells for potential application 
as a bioartificial pancreas. It was hypothesized that the microvascular networks housing 
islet cells would provide better cell viability as compared to extravascular devices. A 
circuit of compartments for localized immobilization of organ-specific cells built into the 
microvascular network would offer a dispersed immobilized cell system and avoid cell 
aggregation. Additionally, a microvasculature carrying a dense array of cells would allow 
for miniaturization of the overall device. 
 
4.2.1 Fabrication development for particle immobilization in microvascular 
scaffolds 
A prototypical fabrication approach for localized particle immobilization in 
microvascular scaffolds was first demonstrated using glass beads (diameter: 10-30 µm, 
150-210 µm, Polysciences Inc.) as proxy particles. The fabrication process applied two 
MEMS processing techniques, namely, micromolding and template-guided fluidic self-
assembly.  
The process flow employed for the development of a microvascular tissue 
scaffold with localized particle encapsulation is illustrated in Figure 4.2. The fabrication 
was initiated by designing a suitable silicon template. The template was tailored to bear 
microcompartments placed periodically in fluidic microchannels to capture the particles. 
The compartment diameter was designed to be larger, and the channel width was 
designed to be smaller than the target particle size to ensure that all the particles were 
restricted inside the compartments. A (100) silicon wafer was used as the substrate for the 
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fabrication of the templates. Photoresist AZ 4620 (Hoechst Celanese Corp., Somerville, 
NJ) was spin-coated and patterned using photolithography. The microchannels and 
compartments were etched into the silicon wafer using ICP etching (Bosch process). The 
photoresist was etched using acetone and oxygen plasma RIE, leaving behind a silicon 
template for localized particle encapsulation, as shown in Figure 4.3a. The silicon wafer 
was cut into 2 cm × 2 cm chips. Each silicon chip was utilized for micromolding of the 
tissue matrix collagen. The molding was performed by solvent casting of collagen 
solution (concentration = 1.5 mg/ml in 10 mM HCl) to form a 500-700-nm thick 
conformal collagen film.  
The glass beads were then planted and immobilized in the compartments by 
template-guided fluidic self-assembly, a technique involving the assembly of microscale 
objects into a template with complementary patterns etched into them [13]. The glass 
beads were suspended in water (0.5 gm/ml). 2 ml of the glass bead suspension was 
released over the template using a pipette. The template was provided with agitation 
allowing the glass beads to be directed into the microcompartments under gravitational 
and fluid dynamic forces, as shown in Figure 4.3b. The beads that failed to occupy an 
empty site were washed away. A fill factor of 96 - 98 % was achieved for this process 
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Figure 4.3. SEM images of a) a silicon template for the fabrication of microvascular 
scaffolds with localized particle encapsulation, b) glass beads assembled in the 
microcompartments in the scaffold, and c) a standalone collagen microvascular tissue 
scaffold with locally immobilized glass beads extricated using a water soluble tape. (scale 
bars = 50 µm) 
 
 
To form enclosed microvascular scaffolds, a viscous solution of collagen 
(concentration = 5 mg/ml) was solvent cast on the existing layer of molded collagen with 
the embedded particles. Surface tension effects resulted in a planar, non-conformal film 
above the first layer of collagen. The two layers were fused, creating a hollow collagen 
tissue scaffold with encapsulated glass beads. The 3-D tissue structure was extracted 
from the silicon template using a water soluble tape. A standalone microvascular tissue 






Figure 4.4. Fluidic self-assembly with glass beads illustrating a fill efficiency > 96 % 
(scale bar = 500 µm). 
 
4.2.2 Microvascular insulin bioreactor 
A functional tissue or organ construct requires successful integration and 
interaction of scaffold structures with various cells. Therefore, the next step was to adopt 
the devised fabrication technology for the incorporation of pancreatic islet cells in 
microvascular tissues for imparting therapeutic characteristics. To acknowledge and 
investigate the additional complexities involved in confining cells in such a 
configuration, this research was initiated with the development of a microfluidic 
bioreactor device. A MEMS-based microvascular insulin bioreactor housing locally 
immobilized islet cells was constructed towards the development of a bioartificial 
pancreas with an inbuilt microcirculatory system, as a first step to addressing some of the 
discussed problems encountered in bioartificial organs. As described in the fabrication 
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development, micromolding of collagen and fluidic self-assembly of islet cells were 
employed for constructing this device.  
Template guided fluidic self-assembly of cells, such as hepatocytes, lymphocytes, 
and islet cells has previously been applied for microwell and microchamber bioreactor 
arrays for cell-based studies and the fabrication of cell-encapsulated hydrogel tissues [14-
17]. Additionally, fluidically assembled islet cells on microfluidic platforms have been 
investigated for the evaluation of insulin secretion, calcium influx, and mitochondrial 
potential changes of islet cells [15, 18].  In the current study, this approach was employed 
for the demonstration of the immobilization of islet cells in a microvascular tissue 
bioreactor and the examination of its potential for bioartificial pancreas applications. The 
cellular functionality in such an environment was studied by adopting principles from 
perfusion-based microchannel bioreactors. 
4.2.2.1 Device development 
Bioreactor device fabrication 
A silicon microfluidic chip (area = 2.4 cm × 2.4 cm, volume = 40 µl) formed the 
foundation of the bioreactor. The chip comprised a reservoir connected to an array of 
microchannels with microcompartments located periodically in the channels. The islet 
cell clusters used for the experiments ranged from 70-250 µm in diameter. The 
compartment diameter (250 µm) and the channel width (70 µm) were designed to ensure 
that all the cells were confined to the compartments. The fabrication process was 
modified from the prototype development to construct a multi-depth structure. This 
modification was significant for two reasons. High-aspect-ratio constructs were not 
suitable for casting collagen films and led to polymer webbing and nonuniformities. The 
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multi-depth design allowed the channels and compartments to have a near-unity depth-to-
width aspect ratio facilitating the formation of a conformal collagen film. Also, in this 
geometry, the compartments for organ-specific cell encapsulation were deeper than the 
microchannels allowing the cells to settle in deeper regions. The fluid flow profile in such 
an arrangement was believed to reduce the shear stress experienced by the cells. This 
hypothesis was based on reports presenting grooved microchannel bioreactors with cells 
cultured inside grooves in the flow channels [19]. In these reports, it was experimentally 
and numerically proved that this design minimized the shear stress exerted on the cells. 
The process flow for the multi-depth templates is illustrated in Figure 4.5.  
The multi-depth microfluidic templates were fabricated using photolithography 
and two-step ICP etching. A 1-µm thick SiO2 layer was deposited on a (100) silicon 
substrate using plasma enhanced chemical vapor deposition (PECVD). Positive 
photoresist SC 1827 (Shipley Co., Marlborough, MA) was spin-coated and patterned to 
define the microchannels and compartments. The pattern was transferred to the SiO2 
layer using ICP etching. A second layer of photoresist AZ 4620 (Hoechst Celanese Corp, 
Somerville, NJ) was then spin-coated and patterned to mask the SiO2 channel patterns, 
while leaving the microcompartment patterns exposed. ICP etching was carried out to 
etch the compartments into the silicon substrate to achieve a depth equal to the 






























































5. ICP etching 
step 2 






















Figure 4.6. A multi-depth silicon template used for the insulin bioreactor (scale bar = 250 
µm). 
 
The photoresist layer was etched away using acetone and oxygen plasma RIE, unmasking 
the microchannels in the SiO2 film. The ICP etching was then continued to etch the 
channels and compartments to attain the respective target depths. The resultant template 
consisted of shallow channels and deep compartments, as shown in Figure 4.6. Finally, 
tissue matrix collagen was spray-coated over the template to form a 700 nm - 1 µm thick 
conformal film.  
Isolation of islet cells 
Pancreatic islet cells were isolated from a murine model. For obtaining the cells, a 
solution of collagenase enzyme was intraductally delivered to the pancreas to cause its 
distension and subsequent digestion releasing the islet cells. The collected islet cells were 
then purified to separate them from the exocrine tissue. Prior to glucose stimulation 
fluidic experiments, the islet cells were cultured in RPMI1640 media for 2 days. The 
obtained islet cell clusters ranged from 50-300 µm in diameter, as shown in Figure 4.7. 
165 
 
65-80% of each cell cluster was composed of beta cells responsible for the production of 




Figure 4.7. Islet cell clusters in a cell culture media. The diameters of the islet cells vary 
from 50- 300 µm. (scale bar = 300 µm) 
 
 Immobilization of islet cells 
Prior to the delivery of the islet cells to the template, a PDMS (Sylgard 184, Dow 
Corning Co., Midland, MI) frame was clamped onto the microfluidic chip to contain the 
islet cells to a specific area (Figure 4.8a). The desired number of islet cells (in RPMI1640 
media) were pipetted into the PDMS container. The template was placed on a 
micropipette shaker to provide fluidic convection facilitating the fluidic self-assembly of 
the islet cells into the molded tissue scaffolds. 97-99 % of the cells used were observed to 
take position in the wells. The cells failing to occupy an empty site were washed away 














Figure 4.8. a) A PDMS isolation frame for fluidic self-assembly of islet cells, and b) 
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4.2.2.2 Experimental apparatus 
The microvascular fluidic chip with entrapped islet cells was enclosed by bonding 
it with a glass plate (thickness = 2 mm) coated with a PDMS layer and clamping the two 
substrates together using an aluminum frame. The glass plate offered rigidity to the 
bioreactor lid, and the PDMS layer helped form a leak proof interface. Prior to the 
bonding step, an input port was drilled into the glass plate and aligned with the reservoir 
supplying the microchannels. The assembly was integrated with a syringe pump to 
regulate the flow rate of glucose solution through the microchannels. The experimental 
apparatus for the bioreactor device is illustrated in Figure 4.9. The flow experiments were 
performed in an incubator at 37 °C with 1.5% CO2. Glucose solutions (in Dulbecko‟s 
phosphate buffer saline (DPBS) and 1% bovine serum albumin (BSA) stock solution) 
with basal concentration (60 mg/dl) and high concentration (300 mg/dl) were flowed 
alternately through the bioreactor device. A flowrate of 5 ml/hr was used to study the 
behavior of the cells in response to changing glucose concentrations. The insulin 










































4.2.2.3 Insulin secretion assay  
 The glucose stimulation output solution from the bioreactor was assayed for 
insulin secretion using a rat insulin enzyme linked immunosorbent assay (ELISA, 
Mercodia Inc.) using the manufacturer‟s protocol (Figure 4.10) [20]. The process 
exploited two different antigenic properties of insulin for binding with two monoclonal 
anti-insulin antibodies. Antibodies are proteins produced by the immune system of the 
body to identify and remove foreign bodies, and antigens are molecules targeted by the 
antibodies. Monoclonal antibodies are formed from the same immune cell and can be 
used to target two different antigens of a subject.  The ELISA kit consisted of a 96 well 
plate coated with a monoclonal anti-insulin antibody, calibrator solutions with known 
concentrations of insulin, and an enzyme-conjugated anti-insulin antibody. The sample 
solution with an unknown insulin concentration was introduced into the microtitration 
wells followed by the introduction of enzyme-conjugated antibody. The plate was then 
incubated for 2 hours allowing the insulin in the sample to bind with the antibody coating 
the well as well as the enzyme-conjugated antibody. Any unbound enzyme-conjugated 
antibody was washed away using a buffer solution. The enzyme conjugate was finally 
reacted with 3,3',5,5'-tetramethylbenzidine with a timed colorimetric stop. The 
absorbance of each resulting well, indirectly determined by the concentration of the 
insulin, was measured at 450 nm using an ELISA reader (Multiskan spectrum microplate 
spectrophotometer, Thermo Fisher Scientific Inc., MA). 
 Figure 4.11 illustrates the results from a glucose stimulation test of the bioreactor 
with approximately 40 entrapped cells. Basal and high concentration glucose solutions 
were flowed alternately for 30 minutes each. The insulin-secretion/cell/hour was 
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observed to be 1.6µg/l and 13.5µg/l for basal and high concentration glucose 
respectively. The insulin secretion assay demonstrated that the bioreactor responded to 
high concentration glucose (300mg/dl) by secreting 8-fold more insulin as compared to 
basal concentration glucose (60mg/dl). Previous reports on islet cell glucose stimulation 
have documented insulin secretion peaks observed for stimulatory levels of glucose to be 
approximately 1.5 to 10 times the secretion for basal levels of glucose, varying based on 
factors such as the number and size of the cells, the concentration of glucose, the 
experimental conditions, and the temporal resolution [21-23].  
 The glucose stimulation tests successfully demonstrated the feasibility of the 
developed microvascular insulin bioreactor in bioartificial pancreas applications.  
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Figure 4.11. Insulin secretion exhibited by the bioreactor device in response to changing 
levels of glucose concentration. 
 
 
4.3 Endothelialization of high length-to-width aspect ratio microvascular scaffolds 
The second microvascular device in this research focused on the development of 
an approach for a uniform incorporation of endothelial cells on the luminal surface of the 
construct. Several static and dynamic endothelial cell seeding strategies have been 
reported for the construction of a confluent layer of endothelium on the interior surface of 
synthetic vascular grafts [24-26]. Static cell seeding approaches involve delivering a cell 
suspension to the graft and culturing the cells under static conditions. To enhance the cell 
attachment and obtain a more uniform cell distribution, the cell culture is often performed 
under dynamic conditions. This entails agitation of the graft containing the cells 
(typically under flow conditions), such that the additional forces involved in this process 
facilitate the cell distribution (Figure 4.12). Cell seeding of microvascular networks is 
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Endothelial cell seeding of a tubular geometry construct is influenced by mass 
transport of the cells in the culture media through the lumen of the tube. As the diameter 
of the tube shrinks (as in the case of microvascular devices), and the length of the tube 
increases, efficient delivery of the cells to the interiors of the tubes becomes challenging. 
This can limit the spatial homogeneity of the cells and their exposure to sufficient cell 
media during cell culture. An approach to overcome this was suggested by Perea et al. 
[27]. They investigated labeling the endothelial cells with magnetic particles and seeding 
them on a 3.5 mm diameter scaffold under the influence of a radial magnetic field. 
Although this strategy was observed to improve the cell seeding efficiency and provide 
rapid attachment of the cells to the interiors of the vascular graft, the diameter of the 
magnetic particles used was 4.4 µm, rendering this approach unsuitable for progressing 
towards microvascular conduits. 
The current research presents an endothelial cell seeding approach for high 
length-to-depth aspect ratio microvascular scaffolds using MEMS technology. 
                                                       
                            
 
Figure 4.12.  A dynamic approach for endothelial cell seeding of a tubular construct [28]. 
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4.3.1 Device concept 
As described earlier, endothelial cell seeding of tubular constructs is a function of 
the conduit diameter and length, and an efficient delivery of the cells and culture media 
through high length-to-width aspect ratio microvascular networks is challenging. We 
endeavored to address the above cited concerns by developing a MEMS-based approach 
for the fabrication of an elastomeric, deformable microfluidic chip with reentrant 
trenches. This device allowed for a „stretch open - seed endothelial cells - seal‟ operation, 
as shown in Figure 4.13 and Figure 4.14. The width of the cleft on the sealing wall of the 
reentrant channels was designed to be 2-3 times the diameter of the endothelial cells. For 
endothelial cell seeding of these constructs, the device could be stretched or bent 
outwards to widen the opening of the microchannels, seeded with cells, and released or 
bent inwards to seal up the opening. It was believed that the reentrant geometry of the 
proposed deformable microvascular network and a „stretch open - seed cells - seal‟ 
approach would allow the passage of the cells without being limited by mass transport 
through long channels, and provide access to sufficient cell media to the cells during the 
cell culture. This would potentially result in a more spatially homogeneous cellularization 























Figure 4.13. Schematic representation of an elastomeric, deformable microvascular 
network with a) compartments for localized organ-specific cell encapsulation, and b) 






                          
 
 
Figure 4.14. A schematic illustration of the „stretch open - seed cells - seal‟ operation for 
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4.3.2 Fabrication development 
The fabrication process sequence for a PDMS reentrant microvascular scaffold is 
illustrated in Figure 4.15. A titanium-copper-titanium metal seed layer was sputter-coated 
on a (100) silicon wafer. A 10-µm thick positive photoresist AZ 4620 (Hoechst Celanese 
Corp., Somerville, NJ) was first spin-coated and patterned on the seed layer. This layer 
defined the thickness of the sealing wall of the microvascular scaffold. A second layer of 
negative photoresist NR21 (Futurrex Inc., Franklin, NJ) was spin-coated and patterned on 
the existing layer of photoresist to form an 80-100-µm thick film. The negative mold for 
the PDMS scaffold was constructed using nickel electroplating of the fabricated 
photoresist mold. The photoresist was etched away using acetone and RIE, leaving 
behind the nickel negative mold (Figure 4.16a). PDMS (Sylgard 184, Dow Corning Co., 
Midland, MI) was released on the nickel mold, degassed in vacuum and cured at 60 °C 
for 10 hours. PDMS conformed to the shape of the metal mold to form a reentrant 
microvascular construct. Finally, the  PDMS construct with reentrant trenches was gently 












































Figure 4.15. Fabrication process flow for PDMS reentrant microvascular networks. 
 
The reentrant microvascular scaffold was designed to have microcompartments 
and microchannels for potential incorporation of organ-specific cells (Figure 4.17). The 
width of the microcompartments was 80-100 µm and the width of the microchannels was 
40 µm. The depth of the trenches was 50-120 µm. The diameter of the endothelial cells 
was approximately 12-15 µm. The clefts (20-30 µm) were designed to be approximately 
2-3 times the cell diameter. 
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The openings of the resultant reentrant trenches could be widened and sealed by 
applying tensile and compressive loads respectively. The deformability of the PDMS 
scaffold for opening and sealing the microchannel clefts by bending actions is illustrated 
in Figure 4.18.   
 
4.3.3 Endothelialization of reentrant microvascular scaffolds 
4.3.3.1 Endothelial cell culture 
Cultured human umbilical vein endothelial cells (HUVEC) were utilized for 
endothelialization of the PDMS reentrant microvascular scaffolds. HUVECs are 
endothelial cells isolated from a human umbilical vein. The HUVECs used in the current 
work were cultured using a standard protocol [29].  Cytopreserved HUVECs (Lonza Inc.) 
were thawed and cultured in a cell culture flask with endothelial cell growth medium. 




















Figure 4.16. a) A nickel mold for a reentrant microvascular scaffold (scale bar = 100 
















Figure 4.17. a) Cross-sectional view of a reentrant microvascular scaffold illustrating the 
cleft on the sealing wall (scale bar = 50 µm), and b) a locally immobilized glass bead 





















Figure 4.18. Deformability of the reentrant microvascular networks illustrating opening 
and sealing of the microchannel cleft. a) A reentrant microvascular scaffold in the open 
state under tension and b) a reentrant microvascular scaffold in the sealed state under 










4.3.3.2 Endothelial cell seeding experiments  
Endothelialization of the microvascular network was performed using the 
described „stretch open - seed cells - seal‟ approach. In preparation for cell seeding, the 
PDMS reentrant microvascular scaffold was first treated with oxygen plasma to render it 
hydrophilic. It was then sterilized in ethanol for 2 hours. After vacuum drying, it was 
incubated in 8 ml of 50 µg/ml fibronectin (Sigma-Aldrich Inc.) for 24 hours at 4 °C to 
ascertain the adhesion of the cells to the microchannels. Fibronectin is an extracellular 
matrix protein that plays an important role in cell adhesion in the native tissues [30]. The 
reentrant microvascular scaffold was washed with 5 mL of 1xPBS to wash away excess 
fibronectin. It was placed in full serum media at 37 °C for 2 hours prior to the cell 
seeding. 
An acrylic stretching apparatus was machined for securing the reentrant 
microvascular scaffolds and stretching the clefts open during the cell seeding process. 
The reentrant microvascular scaffold was clamped down using the stretching contraption, 
and stretched open to widen the cleft of the templates (Figure 4.19). 150 µl of HUVECs 
in the cell media was used to seed a single device using static and dynamic approaches. 5 
mL of full serum media was then added to each well and the apparatus was placed in a 37 











Figure 4.19. A stretching apparatus for widening the microchannel clefts of the 
microvascular reentrant scaffolds  prior to cell seeding. 
 
4.3.3.3 Observations 
After the prescribed time, the microchannel scaffold was washed in DPBS to 
remove the non adherent cells. The cells in the trenches were labeled with dilute (2 uM) 
calcein AM (Invitrogen corp.) in DPBS and incubated at 37 °C for 1 hour. Calcein AM is 
a fluorescent dye that produces a green fluorescence in live cells at 495 nm wavelenth. 
The cells in the microvascular scaffolds were imaged using confocal microscopy (CM) 
(wavelength: 488 nm) for a qualitative analysis of the cell seeding approach.  
Static endothelialization experiments involved stretching the scaffold open using 
the stretching apparatus and releasing the cell suspension on it. The scaffold was held in 
the open position for 5 minutes to allow the cells to settle inside the channels prior to 
releasing. The cells were cultured for 5 days. CM imaging indicated that this approach 








illustrates a CM image of a microchannel scaffold with HUVECs growing on the top 
surface of a scaffold. It was concluded that static culture does not provide sufficient 
stimulus to the cells to assemble into the channels. 
Following this, a dynamic seeding approach was developed. After the stretching 
and cell suspension release steps, the stretching apparatus was agitated on a microplate 
shaker for 5 minutes with the reentrant microvascular scaffold in the open state. This step 
allowed for the HUVECs to be assembled into the trenches and adhere to the interior 
surface of the scaffold. A qualitative CM investigation revealed that a significant number 
of HUVECs were successfully seeded onto the walls of the reentrant microvascular 
scaffold. This demonstrated the feasibility of this approach for a uniform 


















Figure 4.20. a) A CM image of a static seeding endothelial cell culture (5-day) on a 
reentrant microvascular scaffold. A significant number of cells (seen as fluorescent 
green) remained adhered to the top surface. b) CM images of a dynamic seeding 
endothelial cell culture (10-day) on a reentrant microvascular scaffold. The cells were 










MEMS-based approaches were explored for cellular incorporation in 
microvascular networks. First, micromolding and template-guided fluidic self-assembly 
were employed to develop a fabrication approach for collagen microvascular scaffolds 
with localized encapsulation of therapeutic particles. A prototypical strategy was 
demonstrated with glass beads as proxy particles. This method was adopted for the 
construction of a microvascular insulin bioreactor device with locally immobilized 
pancreatic islet cells. The bioreactor was tested under a glucose solution perfusion 
configuration. The bioreactor device responded to a stimulatory glucose concentration 
with 8-fold more insulin secretion as compared to basal glucose concentration. This 
research displayed the ability of the fabricated bioreactor device to regulate insulin 
secretion in response to glucose level modulations, demonstrating its potential towards a 
vascularized bioartificial pancreas.  
Next, a micromolding-based fabrication approach was developed for deformable, 
reentrant microvascular scaffolds. A „stretch open – seed cells – seal‟ operation was 
implemented for a spatially homogeneous endothelial cell seeding of high length-to-
width aspect ratio microvascular constructs. CM was utilized to establish the feasibility 
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This dissertation focused on applying MEMS technology to the fabrication of 
acellular and cellularized engineered tissue constructs. There are three specific 
contributions made by this research. 
The first part of this research involved wet-spinning of collagenous fibers for 
synthetic tissue scaffolds using MEMS-based micro/nanonozzles (as detailed in Chapter 
2).  In this effort, two distinct strategies were developed for the fabrication of high-
pressure-withstanding micro/nanonozzles. Silicon fusion bonding and oxidative sealing 
were utilized for the construction of in-plane silicon micro/nanonozzles with inner 
dimensions ranging from 500 nm to 12 µm. A non-lithographic approach involving glass 
micropipette pulling and electroplating was adopted for the fabrication of glass-metal 
composite micro/nanonozzles with inner diameters ranging from 450 nm to 100 µm. As a 
first step, the micromachined nozzles were integrated with a high-pressure (up to 2200 
psi) delivery source and a shadowgraph imaging system for establishing the feasibility of 
generation, imaging, and characterization of liquid sub-10 µm jets. This microfluidic 
system was utilized for imaging and investigating liquid butane and propane 
micro/nanojets. Although the micromachined nozzles were able to successfully withstand 
the differential pressures necessary for driving nanofluidic jets and demonstrate the 
generation of pressure driven liquid nanojets, the effects of nozzle clogging impeding the 
flow could not be completely eliminated. This resulted in a significant variability in the 
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jet dynamics. It was concluded that small pores are extremely sensitive to contamination 
and present a significant challenge in the analysis of pressure driven sub-10 µm fluidics. 
In the next stage, a collagen fiber wet-spinning apparatus was developed using the high-
pressure fluidic apparatus and the micromachined nozzles. Control over the fiber 
dimensions was exercised in two ways. In the first approach, the nozzle dimensions were 
adjusted to accordingly modify the extruded fiber dimensions. A 10 µm glass-metal 
composite nozzle yielded a 2-µm wide × 0.3-µm thick collagen fiber at 1000 psi for a 1.5 
mg/ml collagen solution. This approach experienced fiber breakages and nozzle clogging, 
and this effect was particularly pronounced for sub-10 µm nozzles. In the second 
approach, hydrodynamic focusing was employed to control and modulate the width of 
collagen fibers by creating a virtual nozzle with fluidic walls.  A collagen solution and a 
coagulant WSB solution were flowed coaxially, and their relative flow rates were 
modulated to obtain fibers of different dimensions. Also, collagen microfibers with 
crimped geometries could be produced using this strategy.   
The second part of this research focused on the development of a microtransfer- 
molding-based approach for the fabrication of spatially designed collagen fiber networks 
and collagen-elastin FRCs based on these networks. Using conventional MEMS 
processing strategies allowed for an excellent control over the fiber dimensions, 
alignment, and distribution. These parameters could be modified by the template design 
and the collagen solution properties. Hollow and solid collagen fibers with widths 
ranging from 2 µm to 50 µm and thicknesses ranging from 300 nm to 3 µm were 
fabricated. Fiber network spatial layouts explored included unidirectional straight fibers, 
in-plane crimped fibers, out-of-plane crimped fibers, and porous fibers. The collagen 
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fibers exhibited native collagen morphology with D-periodic banding. These fiber 
networks were embedded in an elastin matrix to construct collagen-elastin FRC tissue 
scaffolds. These collagen-elastin composites enabled a combination of high strength and 
extensibility. The orthotropic elastic nature of unidirectional straight fiber composite 
laminates was demonstrated, and the concentration, orientation, and layout of the fibers 
were identified as the determinants of the FRC mechanical properties.  Also, in-plane 
crimped fibers were used to develop FRCs with a strain-dependent stiffness as observed 
in many native soft tissues. The crimped FRCs displayed a non-linear elastic behavior 
whereby the tissue material transitioned from a low stiffness regime to a high stiffness 
regime at a transition strain determined by the designed crimp geometry of the fibers.  
The third and final part of this research involved developing strategies for the 
incorporation of cells into hollow microvascular scaffolds. Two types of cells were 
explored: murine pancreatic islet cells and HUVECs. A stand-alone collagen 
microvascular scaffold with local encapsulation of glass beads as proxy particles was 
developed using micromolding and a template guided fluidic self-assembly process. A fill 
efficiency of 96-98% was observed for the glass beads. This fabrication approach was 
used towards the construction of a microvascular insulin bioreactor with localized 
immobilization of islet cells. Glucose solution perfusion was performed to investigate the 
insulin secretion capability of the device. The bioreactor with 40 encapsulated islet cells 
was observed to respond to a stimulatory concentration of glucose (300 mg/dL) with 8-
fold insulin as compared to basal concentration glucose (60 mg/dL) as determined by a 
mouse insulin ELISA. Finally, a MEMS-based approach was developed for a more 
uniform endothelial cell seeding of high length-to-depth aspect ratio microvascular 
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scaffolds. A micromolding strategy was devised for the fabrication of a deformable 
reentrant PDMS microvascular scaffold. A „stretch - seed cells - seal‟ operation was 
demonstrated for endothelilization of the constructed microvascular network, allowing 
for a more uniformly distributed and spatially homogenous cell seeding.   
 
5.2 Discussion and future directions 
In this dissertation, the potential of MEMS technology for the fabrication and 
engineering of acellular and cellularized tissue constructs was explored. The various 
developed tissue constructs can be further improved with additional characterization and 
optimization, and enhancement of their performance characteristics. The immediate goals 
for the different constructs are outlined in Figure 5.1, and some specific suggestions are 
made in the following sections. 
 
Figure 5.1.  Characterization and performance improvement goals for the developed 
tissue constructs. 
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5.2.1 Fibrous tissue scaffolds 
The next steps for the synthetic fibrous scaffolds fabricated by the template-based 
approach would involve the enhancement of the material characteristics and investigation 
of the properties of the scaffolds indicative of their quality and performance in actual 
blood vessel or artificial organ applications. 
Although the collagen fibers fabricated using the template-based approach 
allowed for an excellent control over the layout and alignment of the fibers, the collagen 
fibrils composing the fibers were randomly oriented. This caused the mechanical strength 
and stiffness of the fibers produced in this fashion to be lower than the wet-spun fibers 
which undergo a mechanical annealing process under hydrodynamic forces. Directional 
alignment of self-assembled collagen fibrils has been demonstrated using microfluidics, 
electric fields, magnetic fields, and application of strain [1-4]. To enhance the 
performance of the fabricated collagen fibers, one of the reported methods may be 
adopted for generating fibrils oriented in the longitudinal direction of the fibers.  
Although the fabrication of submicron collagen fibers was demonstrated using the 
template-based approach, 20-µm wide fibers were used for the development and 
characterization of the FRCs for the ease of handling and characterization. The conditions 
needed for the fabrication of FRCs reinforced by submicron collagen fibers need further 
optimization. Such materials with fibers in the submicron range would make very 
attractive biomimetic tissue materials. 
The rarity of the protein polymers utilized in the demonstrated fabrication 
approach, especially elastin, constrained the maximum FVF investigated for these 
materials. As has been discussed earlier, the FVF in an FRC dictates its strength and 
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stiffness. It is essential to test the maximum FVF achievable using this approach. One 
potential approach for conserving elastin prior to FRC lamination would be to fabricate 
thinner elastin films for individual FRC layers. 
Cell seeding is one of the approaches traditionally followed to screen biomaterials 
for their biocompatibility [5-6]. The biocompatibility of the developed FRCs and their 
functionality in vascular graft applications can be examined by their endothelialization. 
This experiment can additionally determine the influence of the alignment of the fibers 
on the cell proliferation and phenotype development.  
Although glutaraldehyde is a commonly used crosslinking agent for collagen and 
elastin, it is limited by its cytotoxicity [7]. A possible alternative for glutaraldehyde 
crosslinking could be genipin, which has been reported to show better results in 
implanted constructs with respect to cytotoxicity and bioresorbability [8]. 
 
5.2.2 Islet-cell-based MVSs 
In this dissertation, a prototypical islet cell bioreactor construct was fabricated and 
its short term insulin secretion capability was demonstrated. Several features of the 
bioreactor device need further optimization and characterization. The most significant 
metric that requires to be examined is the long term cell viability in these constructs. 
Improvements over the current geometry and materials are recommended to facilitate the 
long term survival of the cells. The topology of the microvascular network would have a 
significant influence on the survival and performance of the islet cells in the 
microenvironments they are contained in. Taking this into consideration, the geometrical 
layout of the microchannels should be optimized both numerically and empirically such 
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that the mass transport to and from the cells is maximized while the shear stress 
experienced by the cells is minimized. Figure 5.2 illustrates a potential geometry with 
microchannels with sidepockets that can be employed to achieve this. In addition to the 
geometry, the construct should be fabricated on a permeable substrate assisting easier 
oxygen transport to the cells. PDMS can be a possible candidate material for this. The 
influence of these modifications may be examined using dynamic insulin secretion tests 




Figure 5.2.  A silicon template for insulin bioreactor with sidepockets for islet cell 
immobilization (scale bar = 1mm). 
 
5.2.3 HUVEC-seeded MVSs 
The current study established a new approach for a uniform endothelial cell 
seeding of microvascular networks. In the subsequent experiments, material suitability, 
cell seeding efficiency, confluency, and spatial homogeneity offered by the strategy need 
to be examined. Also, after endothelialization, the construct cleft may be sealed for 
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carrying out fluidic tests. The long term viability of the endothelial cells in such 
microvascular scaffolds may be examined 
 
5.2.4 The vision 
As discussed earlier, mammalian native tissues are a combination of acellular 
elements and cells, each responsible for carrying out different functionalities. The 
vascular system, necessary for nourishing all the tissues and organs in the body, is a good 
representation of this. It is composed of three significant layers, tunica intima, tunica 
media, and tunica adventetia, as illustrated in Figure 5.3 [9]. While tunica intima is 
composed of a monolayer of endothelial cells, tunicas media and adventitia are 
significantly composed of acellular fibrous proteins.   
In an effort to mimic the native tissue structures and funtionalities, tissue engineering 
focuses on three important factors (Figure 5.4). 
1. In-vitro preparations of structures mimicking native extracellular fibrous tissues 
or tissue scaffolds for providing mechanical strength and structural integrity to the 
tissues 
2. Isolation and utilization of cells for emulation of organ functions or carrying out 
tissue regeneration 
3. Introduction of vasculature for supplying nutrients and oxygen to the tissues 
Each one of these components is either developed independently as an implantable 
construct or integrated with the other components for the development of a fully 
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This dissertation primarily focused on the fabrication and characterization of 
distinct tissue constructs focusing on the three aforementioned tissue engineering 
components. The long term vision of this research would be to move towards the 
unification of the cellular and acellular concepts developed in this work. This 
convergence along with the incorporation of vasculature would potentially result in a 
fully functional implantable tissue or organ exhibiting long term viability (Figure 5.4). 
The envisioned multifunctional tissue construct could comprise a microvascular 
framework composed of a collagen-elastin composite material for mechanical strength 
and integrity of the tissue, endothelial cells uniformly lining the microvascular networks 
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